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Nederlandse samenvatting
–Summary in Dutch–
Tegenwoordig speelt biosensortechnologie een belangrijke rol bij de diagnose
van ziekten zoals kanker. Dit impliceert een technologische uitdaging voor
de biosensortechnologieplatformen die naast het aanbieden van uitmuntende
prestaties op het vlak van multiplexing tegelijkertijd moeten voldoen aan an-
dere eisen, zoals lage productiekosten, gebruiksvriendelijkheid en een draag-
baarheid.
Labelvrije biosensing is een methode die gemultiplexte real-time controle
van de interactie tussen moleculen toelaat en daarbij kwantitatieve informatie
over de concentratie, affiniteit en bindingskinetiek verstrekt. Bovendien is bijna
geen staalvoorbereiding vereist, wat het bio-assay vereenvoudigt en kosten
en tijd reduceert. In labelvrije biosensoren worden receptormoleculen recht-
streeks geïmmobiliseerd op het sensoroppervlak. De detectie is gebaseerd op
de affiniteitsinteractie van de analietmoleculen zonder de behoefte aan extra
labels of extra stappen in het detectieproces. Dit soort sensoren kan onder meer
elektrisch, mechanisch of fotonisch zijn. In dit werk zullen we ons richten op
fotonische sensoren.
Fotonische geïntegreerde circuits bestaan uit optische bouwblokken zoals
laserbronnen, filters en detectoren die geminiaturiseerd zijn tot een micro- of
nanoschaal en met mekaar worden verbonden worden op chips. Bovendien
kunnen ze zonder extra ontwikkelingskosten voor apparatuur gefabriceerd wor-
den, gezien ze gebruik maken van mature CMOS technologie. Dit laat massa-
productie toe wat dan weer de wegwerpbaarheid van sensoren verhoogt: een
voorwaarde voor point-of-care diagnostiek. Onder de verschillende fotonische
sensoren, vallen ringresonatoren op als voornaamste kandidaten om een hoge
performantie te bereiken. Daarenboven beschikken ze over het potentieel om
in zeer dichte arrays voor gemultiplexte analyse te worden ingezet.
Een ringresonator bestaat enerzijds uit een gesloten golfgeleiderlus, die cir-
culerende resonantiemodes ondersteunt, en anderzijds uit een koppelingsme-
chanisme dat toegang verschaft tot deze lus. Een labelvrije biosensor is in staat
om interacties tussen analietmoleculen en geïmmobiliseerde receptormolecu-
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len op zijn oppervlak te meten (Figuur 1). Een meetbare verandering in de reso-
nantiegolflengte wordt geïnduceerd wanneer moleculaire bindingen optreden
op het oppervlak. Deze verandering kan continu gemeten worden wat kwanti-
tatieve gegevens over de concentratie van het analiet, de affiniteit tussen mole-
culen en de kinetiek van de moleculaire reacties oplevert.
Dit is dan ook de transducer die we in dit doctoraatswerk zullen gebruiken.
Twee belangrijke factoren die biosensortechnologie aan de bovengenoemde
eisen helpen te voldoen zijn integratie en miniaturisatie. De zogenaamde ’lab-
on-a-chip’ toestellen integreren de transducer, in ons geval ringresonatoren, in
een gebruiksvriendelijk platform waar de toelevering van het staal aan het op-
pervlak van de sensor op een zeer efficiënte en vrijwel geautomatiseerde manier
plaats vindt. Hierdoor is de behoefte aan vaak dure laboratoriumapparatuur
die eenvoudige staalvoorbereidingen uitvoert verminderd. Behoefte aan een
kleinere hoeveelheid staal, verminderd reagensverbruik en verminderde analy-
setijd zijn extra voordelen van deze geminiaturiseerde toestellen die, normaal
gezien, een lage productiekost en een draagbaar formaat met zich meebrengen.
Het doel van dit werk is om drie lab-on-a-chip platformen voor te stellen
waarbij de transducer een fotonische ringresonator sensor is.
Voor toepassingen die metingen op moeilijk bereikbare, afgelegen plaatsen
vereisen, is een analoog concept aan lab-on-a-chip geïntroduceerd: lab-on-
fiber. Glasvezeltechnologie vormt een waardevol platform dat de implemen-
tatie van complexe multifunctionele sensorsystemen met voordelen als mini-
aturisatie, laag gewicht, kosteneffectiviteit, robuustheid, draagbaarheid, flexi-
biliteit en een laag stroomverbruik kan aanbieden. Wij maken gebruik van dit
platform om een ringresonator sensor te integreren op het facet van een single
mode glasvezel. In deze implementatie wordt de fotonische geïntegreerde scha-
keling losgemaakt van het substraat van een Silicon-on-Insulator (SOI) chip en
overgedragen op het facet van de vezel. Na fabricage karakteriseren we de com-
ponent door middel van bulk-sensing experimenten. Hierbij nemen we een
zelfde performantie waar als bij eenzelfde sensor op een SOI chip, weliswaar
niet geïntegreerd op het vezelfacet.
Er wordt veel aandacht besteed aan lab-on-a-chip toestellen die gebruik
maken van kleine en makkelijk te gebruiken cartridges. Nieuwe opkomende mi-
crofluïdische technologieën worden ontwikkeld en concurreren met de geves-
tigde microkanaaltechnologie. Dit is ook het geval voor digitale microfluïdica
die in staat is om alle vloeibare lab-on-chip bewerkingen (doseren, transport,
mengen, splitsen, samenvoegen, opslaan) van micro-druppeltjes in een enkel
platform, zonder verontreiniging, uit te voeren. We presenteren een tweede
platform dat deze veelbelovende technologie combineert met de reeds bespro-
ken labelvrije SOI ringresonator sensoren en bieden daarbij een alternatief voor
de, over het algemeen, duurdere en ingewikkeldere sensoren die gebaseerd zijn
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Figuur 1: Een labelvrije ringresonator biosensor meet selectieve affiniteitsin-
teracties tussen analietmoleculen en geïmmobiliseerde receptormole-
culen op het oppervlak van de ring. Een meetbare verandering in de re-
sonantiegolflengte wordt geïnduceerd wanneer moleculaire bindingen
optreden op zijn oppervlak. Deze verandering kan continu gemeten
worden wat kwantitatieve gegevens over de concentratie van het ana-
liet, de affiniteit tussen moleculen en de kinetiek van de moleculaire
reacties oplevert.
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Aluminium stuurelektrodes
Teflon Druppel
SOI
Si substraat BOX
Sensoren
Parylene-C
Si
Figuur 2: Incorporatie van de SOI chip met een matrix van microringresona-
tor sensoren in het digitaal microfluïdisch systeem door het vervangen
van de bovenste glasplaat van het platform.
op microkanalen. In deze implementatie wordt de bovenste glasplaat van een
standaard digitaal microfluïdisch platform vervangen door de SOI chip met een
reeks biosensoren waarbij de bovenkant naar beneden geplaatst wordt (Figuur
2). Omdat ook hier geen fysieke verbinding nodig is tussen de optische chips,
de lichtbron en de detectie-eenheid, levert dit alternatief een plug-en-play ge-
bruiksgemak, dat ideaal is voor eenvoudig en snel gebruik in een laboratorium.
We bewijzen de uitstekende prestaties en de compatibiliteit van dit gecom-
bineerde systeem door aan te tonen dat er geen degradatie van de prestaties van
de sensor optreedt ten opzichte van simulaties of eerdere metingen van dezelfde
sensoren met een typisch, complexer microfluïdisch systeem. Deze combinatie
zorgt voor een gemultiplexte real-time detectie en analyse.
Een laatste platform bestaat uit de integratie van ringresonator fotonische
sensoren met proefbuizen. Proefbuizen worden in ziekenhuizen en laboratoria
gebruikt om gelabelde bioassays uit te voeren. De voorgestelde sensor is ech-
ter labelvrij en bovendien compatibel met alle labo-instrumenten die betrek-
king hebben tot geautomatiseerde staalbehandeling. Op die manier kan men
labelvrije bioassays uitvoeren met de hulp van onze ringresonator fotonische
sensoren.
We combineren de eenvoud en draagbaarheid van het proefbuisformaat
met de prestaties van silicium fotonische ringresonator biosensoren door ze
onder te brengen in een toepassing die gebruik maakt van stroming van het te
meten staal door de sensor. De kanalen van een ingesloten microfluïdisch sys-
teem bestaan uit perforaties van de SOI chip bevestigd aan de bodem van
de buis. Dit biedt een alternatief voor de algemeen duurdere en ingewik-
Perforaties
Fotonische chip
Proefbuis
Ringresonator sensoren
Figuur 3: a) Schematische weergave van het assemblage toestel. De silicon-
on-insulator chip wordt aangebracht aan de bodem van een proefbuis.
b) Lay-out van de chip. De reeks ringresonator sensoren gaat gepaard
met een reeks perforaties ernaast. De stroming in de buis wordt geleid
door deze openingen. Het staal dat wordt ingebracht in de buis zal door
deze openingen stromen, die werken als uitgangskanalen. De gecre-
ëerde stroom zal het detectieproces versnellen.
keldere microfluïdische sensoren gebaseerd op microkanalen (Figuur 3). De
wegwerpbaarheid van het gecombineerde toestel wordt versterkt door de mas-
safabricage van SOI chips en de goedkope en gebruiksvriendelijke indeling
van proefbuizen die elke dag gebruikt worden in laboratoria en ziekenhuizen:
twee factoren die het gebruik ervan ten goede komen voor het uitvoeren van
labelvrije bioassays. Uit bulk sensing experimenten blijkt dat deze sensoren
even goed presteren als sensoren in een conventioneel microfluïdisch systeem.
Daarnaast hebben we de binding van streptavidin aan avidin op het oppervlak
van de sensoren aangetoond wat bewijst dat deze toepassing performant is.

English summary
Nowadays, biosensor technology plays an important role during diagnosis of
diseases such as cancers. This implies a technological challenge for the biosen-
sor technology platforms which must keep on offering the best multiplexed per-
formance while at the same time meeting other requirements such as low cost,
user-friendliness and portable format.
Label-free biosensing is a method that allows for multiplexed real-time
monitoring of the interaction between molecules providing quantitative infor-
mation on the concentration, affinity and binding kinetics. Besides, almost
no sample preparation is required which simplifies the assay, thereby reduc-
ing costs and time. In label-free biosensors receptor molecules can be directly
immobilized on the surface of the sensor and the detection directly responds
to the affinity interaction of the analyte molecules without the need for extra
labels or steps in the detection process. This kind of sensor can be electric,
mechanic or photonic. In this work we will focus on photonic sensors.
Photonic integrated circuits combine and miniaturize optical functions
such as laser sources, filters and detectors, on chips that can be fabricated with
nanoscale features and with no extra equipment development cost since they
use CMOS processing technology. This allows for mass production, enhancing
disposability of devices, which for point-of-care diagnoses is a prior require-
ment. Among different photonic sensors, ring resonators stand out as prime
candidates for achieving high performance and their potential to be produced
in highly dense arrays for multiplexed analysis.
A ring resonator consists of a loop, and a coupling mechanism to access this
loop, which supports circulating resonant modes. It is a label-free biosensor
able to measure interactions between analyte molecules and receptor mole-
cules immobilized on its surface (Figure 1). A measurable shift in the resonance
wavelength is induced when molecular binding occurs on its surface. This shift
can be continuously monitored over time which gives information on the ana-
lyte concentration, affinity between molecules and the kinetics of the biochem-
ical reaction.
This is the transducer that we will use in this PhD work.
Two key factors that help biosensor technology to meet the above men-
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Figure 1: A ring resonator label-free biosensor measures selective affinity in-
teractions between analyte molecules and receptor molecules immobi-
lized on the ring waveguide surface. A measurable shift in the resonance
wavelength is induced when molecular binding occurs on its surface.
This shift can be continuously monitored over time which gives infor-
mation on the analyte concentration, affinity between molecules and
the kinetics of the biochemical reaction.
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tioned requirements are integration and miniaturization. The so-called ’lab-on-
a-chip’ devices integrate the transducer, in our case ring resonators, in a user-
friendly platform where the delivery of the sample to the surface of the sensor
is done in a very efficient and almost automated manner that reduces the need
for often expensive laboratory equipment that performs simple sample prepa-
ration tasks. Smaller sample requirement, reduced reagent consumption and
decreased analysis time are extra advantages of these miniaturized devices that
are normally low cost and offer a portable format.
The goal of this work is to propose three lab-on-a-chip platforms in which
the transducer is the well-known photonic ring resonator sensor.
For those applications which require performing measurements in remote
locations that are hard to reach, an analog concept to lab-on-a-chip has been
created, lab-on-fiber. Optical fiber technology constitutes a valuable platform
that can enable the implementation of complex multifunction sensing systems
with all the advantages of miniaturization, light weight, cost-effectiveness, ro-
bustness, portability, flexibility and low power consumption. We make use of
this platform to integrate a ring resonator sensor on the facet of a single mode
optical fiber. In this implementation the integrated photonic circuit is trans-
ferred to the facet by detaching it from the substrate of the Silicon-on-Insulator
(SOI) chip. After fabrication, we characterize the device by bulk sensing exper-
iments, which show no degradation when comparing to the same sensor on a
separate SOI chip, i.e. not integrated on the fiber tip.
A lot of effort is being spent to implement lab-on-a-chip devices in small and
easy-to-use cartridges and new emerging microfluidic technologies are being
developed and are competing against the well-established microchannel tech-
nology. This is the case with digital microfluidics which is able to perform all
the fluidic lab-on-a-chip operations (dispensing, transport, mixing, splitting,
merging, storing ) of micro-sized droplets in a single platform without contam-
ination. We present a second platform which combines this promising tech-
nology with the well-known label-free SOI ring resonator sensors, providing an
alternative to the typically costly and complex microfluidic system based on mi-
crochannels. In this implementation the top glass plate of a basic digital mi-
crofluidic platform is replaced by the SOI chip containing the array of biosen-
sors which is placed up-side down (Figure 2). Since no physical connection is
needed between the optical chips and the light source and detection unit, this
alternative enables plug-and-play ease of use which is ideal for easy and fast use
in any laboratory.
We prove the excellent performance and compatibility of this combined sys-
tem, showing no degradation of the sensor performance with respect to simu-
lations or previous measurements of the same sensors using the typical, more
complex microfluidic system. This combination allows for multiplexed real-
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Figure 2: Incorporation of the SOI chip containing an array of microring res-
onator sensors into the digital microfluidic system by replacing the top
glass plate of the platform.
Perforations
Photonic chip
Reaction Tube
Ring resonator sensors
Figure 3: a) Schematic of the assembly device. The silicon-on-insulator chip
is incorporated at the bottom of a reaction tube. b) Layout of the chip.
The array of ring resonators sensors is accompanied by an array of per-
forations next to them. The flow within the tube is guided through these
apertures. The solution inserted in the tube will flow through these
openings which work as exit channels, creating the flow which will ac-
celerate the detection process.
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time detection and analysis.
A final platform is presented as the integration of ring resonators photonic
sensors with reaction tubes. Reaction tubes are commonly used in hospitals and
labs to perform labeled bioassays. However, we propose this platform which
is compatible with all lab instrumentation related to automated sample-liquid
handling, to perform label-free bioassays with the help of our ring resonator
photonic sensors.
We combine the simplicity and portability of the reaction tube format with
the performance and throughput of silicon photonic ring resonator biosensors
by embodying them in a single flow-through device. An embedded microfluidic
system based on perforations of the SOI chip attached to the tube provides an
alternative to the typically costly and complex microfluidic system based on mi-
crochannels (Figure 3). The disposability of the combined device is enhanced
by the mass fabrication of SOI chips and the cheap and user friendly format of
reaction tubes which are used every day in labs and hospitals, two factors that
benefit their use for performing label-free bioassays. We demonstrate by bulk
sensing experiments that the sensors suffer no degradation when being inte-
grated in the reaction tube as well as the good performance of the device by
showing the binding of streptavidin to avidin on the surface of the sensors.

1
Introduction
Nowadays there are many diseases where technology can play an important role
during diagnosis. Cancers, e.g., arise as a result of the disruption of normal cell
signaling pathways, which produce cancer cells to exhibit a decisive growth ad-
vantage compared to their neighbors. Unfortunately today it is still very chal-
lenging to explore their causes and to develop methods for early diagnosis and
treatment. The common method for cancer diagnosis and prognosis still re-
lies heavily on technologies that are over 100 years old (visual inspection of cell
morphology by a pathologist).
Proteomics, the large-scale study of proteins, attempts to overcome this lim-
itation by studying altered protein expressions in tissue or bodily fluids. Of spe-
cial interest is the direct analysis of proteins in blood serum (the liquid portion
of blood without clotting factors), since it is an easy accessible liquid that con-
tains a variety of proteins released by diseased tissue. However this analysis is
not straightforward and there exists a need for a new biosensing technology able
to provide data of many different proteins concentrations that can be affected
by a disease [1].
New biosensor technology platforms must then meet certain requirements.
First, they should be multiplexed, i.e. many molecular interactions should be
monitored in the same sample at the same time. Another important require-
ment is an exceptional limit of detection (LOD) which refers to the minimum
detectable concentration or mass amount of an analyte in a sample. New tech-
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nology must be able to detect very low concentrations of proteins while re-
jecting other proteins present in high concentrations that are not of interest.
This demands excellent sensitivity and selectivity. Other requirements for the
biosensor technology are short time to analyze samples, little sample prepara-
tion, user-friendly format, portability, low-cost, quantitative measurements and
high throughput.
There are different ways of doing biosensing [2–5] and they fall into two
classes: labeled and label-free biosensing. In the following sections, we will re-
view the basic principle of both methods. Then we will introduce the concept of
a lab-on-a-chip device, discussing the most established integration platforms.
Finally, we will propose three new different lab-on-a-chip formats which will be
investigated in the course of this thesis.
1.1 Labeled biosensing
The most popular labeled assay today is known as enzyme-linked immunosor-
bent assay (ELISA) [5]. It is e.g. today’s primary test for diagnostics of a human
immunodeficiency virus (HIV) infection [6]. It is based on the indirect detection
of an analyte by attaching an easy-to-measure label to it, such as a fluorescent
dye or an enzyme that produces a visible signal. The process is illustrated in
Figure 1.1. First, the target molecules (i.e. analyte) in a fluidic sample are im-
mobilized on a substrate, either via non-specific adsorption (indirect ELISA) or
via specific binding to previously immobilized antibodies (sandwich ELISA) [7].
In a second step, a detection antibody specific to the antigen is added, which
binds to the immobilized antigens. The last is either directly linked to an enzy-
matic label or recognized by an extra non-specific label antibody. In between
the different steps the surface needs to be washed with detergent solution to
remove non-specifically bound molecules. Finally, an enzymatic substrate is
added that reacts with the enzymatic labels and produces a visible signal indi-
cating the presence and quantity of the antigen in the sample.
In practice, labeled assays such as ELISA take place in reaction tubes or mi-
crotiter plates [8] (see Figure 1.2). The change in color of a positive assay re-
sult can be measured qualitatively without read-out equipment (naked-eye), or
quantitatively by measuring the optical transmission using a camera or an op-
tical power meter.
While ELISA only allows measuring a single protein in each sample, there
exist other labeled techniques that allow for multiplexed measurements. This
is the case of protein microarrays which allow measurements to be performed
on a massively parallel scale. It is a technique very similar to standard ELISA
immunoassays, but in this case different receptors antibodies are immobilized
at spatially defined locations that subsequently allow for deconvolution of the
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Figure 1.1: The target molecules bind to previous immobilized antibodies on
a substrate. After that, marker molecules bind to another site of the
target molecules. The marker molecules are normally activated by
adding an enzymatic substrate that produces a visible signal indicat-
ing presence and quantity of the antigen in the sample. In-between
different steps, the surface needs to be washed with a detergent solu-
tion to remove non-specifically bound molecules.
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Figure 1.2: Reaction tube and microtiter plate where label assays such as
ELISA are performed.
multiplexed measurements, such that the detection of different proteins can be
monitored in the same well [7].
1.2 Label-free biosensing
While labeled detection methods can be sensitive down to a single molecule [9],
they have some disadvantages. First, the labeling process is labour-intensive
and costly. Markers sometimes don’t bind directly to the target molecule so
an intermediary molecule is required [10]. Second, labels can structurally and
functionally alter the assay. Often they degrade over time, which can reduce the
efficiency of the assay. Third, the required washing between the different steps
of the assay increases the sample preparation, it is time consuming, and can re-
duce the effective throughput. Lastly, these assays can only be performed in an
’end-point’ fashion, i.e. the signal is only interrogated after the complete assay
is finished. This doesn’t allow for continuous, real-time monitoring of molecu-
lar interactions so that no kinetic information (i.e. binding of target to receptor
molecules as a function of time) can be obtained. Instead, quantification is dif-
ficult since it is not possible to determine precisely the amount of markers that
bind to the target molecules.
In contrast, in label-free detection, target molecules are not labeled or al-
tered, and are detected in their natural forms which makes the detection rel-
atively easy and cheap to perform. Label-free detection involves a transducer
that directly measures some physical property (e.g. electrical, mechanical or
optical) of the biological compound. A receptor molecule is attached to the
surface of the sensor, which responds to the affinity interaction of the receptor
with an analyte (Figure 1.3). The formation of complexes can thus be monitored
continuously in real-time allowing for quantitative and kinetic measurement of
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Figure 1.3: A transducer coated with receptor molecules is able to generate a
measurable signal of a physical property when target molecules bind
to these receptor molecules.
molecular interaction. Additionally a highly multiplexed assay is easy to per-
form by measuring multiple transducers with different receptor molecules on
the same substrate [11]. Sample preparation is almost not required which de-
creases costs and enhances the throughput. In the rest of this work, we will only
consider label-free biosensors. An overview of the state of the art of label-free
biosensors will be given in Chapter 2.
1.3 Lab-on-a-chip
Lab-on-a-chip is not a well-defined scientific term, since many disciplines in
the life sciences approach the term with different meanings. In particular for
our case, a lab-on-a-chip device consists of the integration of a transducer,
which will act as a sensor, and a microfluidic component, which will deliver the
analyte to the sensor [12]. The concept appears in order to reduce costs, time
and increase portability.
Lab-on-a-chip devices reduce the need for often expensive laboratory
equipment that performs simple sample preparation tasks. These operations,
such as mixing, dispensing, separation, can all be incorporated on a single
chip. Miniaturization is the key feature of lab-on-a-chip devices since it brings
numerous advantages such as smaller sample requirement, reduced reagent
consumption and decreased analysis time. Furthermore, because space is used
sparingly, massive parallelization can be accomplished, increasing levels of
throughput.
The current most popular technology for the fabrication of the microflu-
idic component of such devices is based on the soft lithography of poly-di-
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Figure 1.4: A fluidic compartment (flow cell) which has microchannels de-
fined in one of its surfaces, is attached to a substrate where it brings
the sample with target molecules in contact with the chemically func-
tionalized biosensors.
methyl siloxane (PDMS). This material is a transparent, biocompatible elas-
tomer which, through simple molding procedures, can be made into microflu-
idic devices. Normally this microfluidic compartment (also commonly known
as flow cell) which has small microchannels defined in one of its surfaces, is
glued onto the surface sensor [13] (see Figure 1.4) and the analyte is flown over
the coated sensor surface, bringing the target molecules in close contact with
the receptor molecules.
In microwell-plate-based methods biomolecules reach the surface of inter-
est (the surface where the receptor molecules are bound) by pure diffusion:
due to thermally-induced random motion of particles, such as Brownian mo-
tion [14], biomolecules diffuse towards the sensor surface where they bind to
the receptor molecules. The time that a molecule takes to diffuse towards the
sensor increases when an initial amount of molecules has already bound to the
sensor [15], which means that the process gets slower over time.
However, in the well-established microchannel technology the time needed
to bring the analyte in contact with the sensor is significantly reduced by the
miniaturization of the system. The compressed size of the microchannels re-
duces the influence of the inertial forces compared to frictional forces, leading
to the formation of laminar flow. In this case and depending on the flow rate, the
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Figure 1.5: The laminar flow developed between two parallel plates has a
parabolic velocity profile. This implies that the velocity near the sen-
sor surface is very small, compared to its maximum in the centre of
the channel. A diffusion-dominated region develops near the sensor
surface and a, much larger, convection region dominates the rest of
the channel.
delivery of new target molecules can counteract the slow diffusive effect, which
has a direct influence on the characteristic times of the system.
Nevertheless there are also drawbacks to this technology. In a fully-developed
laminar flow in a channel consisting of two parallel plates, the velocity profile
is parabolic, which means that the fluid speed near the walls is much smaller
than in the center of the channel. In the center of the channel, the flow velocity
is high enough to counter the diffusion effect, so convection will be the domi-
nant effect, whereas near the channel walls diffusion will remain the dominant
effect (see Figure 1.5). A permanent diffusion zone directly above the sensor
will always remain, even when increasing the flow rate significantly [15]. Fur-
thermore, laminar flows only produce relatively slow diffusive mixing, which
can be a major limitation for some applications requiring fast homogenization
of flow. In addition, the small reagent consumption theoretically reachable in
microfluidic devices is generally not reached due to a current lack of methods
for fluid handling.
PDMS -the material most commonly used in academic studies of microfluidics-
offers an excellent optical transparency and a flexible platform with which new
concepts can be tested. However it has an affinity for small hydrophobic mol-
ecules and thus could lead to biomolecule absorption/adsorption from the
medium, which can bias the experimental conditions. The permeability of
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PDMS to water vapor can also lead to media drying and concentration changes.
The use of rigid material like silicon, glass or steel [16, 17], may solve these
problems and allow reactions at high temperatures and pressures, but the fab-
rication of devices with any of these materials is more difficult than with PDMS.
Pumping and valving in rigid materials such as steel must be accomplished us-
ing entirely different strategies from those used in PDMS. Other materials like
Mylar, polycarbonate, polymethyl-methacrylate (PMMA) and polyolefin have
been also studied [18]. Some of them offer a less time-consuming fabrication
process than the casting of PDMS. It is the case of Mylar or PMMA which can be
fabricated using a direct-write CO2 laser system [19].
1.4 Three novel integrated platforms proposed in
this thesis
While a lot of effort has been spent to implement such lab-on-a-chip devices
in small and easy-to-use cartridges, there exist many applications that require
performing measurements in remote locations that are hard to reach. For these
cases a new concept has been created, Lab-on-fiber. Optical fiber technology
constitutes a valuable platform that can enable the implementation of com-
plex multifunction sensing systems with all the advantages of miniaturization,
lightweight, cost-effectiveness, robustness, portability, flexibility and low power
consumption. In the last decade, many research groups have focused their ef-
forts on the design and the development of all-fiber integrated devices based
on fiber Bragg gratings (FBG), long-period gratings (LPG), surface plasmon res-
onance (SPR) and other configurations [20–23]. In Chapter 3 we will elaborate
on the fabrication of a novel special Lab-on-fiber device which consists of the
integration of an optical transducer, an SOI ring resonator, on the tip of an op-
tical fiber. This work was published in [24]. Posterior to this work a similar ap-
proach was performed by Shambat et al. in [25] where a semiconductor pho-
tonic crystal membrane was transferred to a fiber facet using a different fabri-
cation process. Another interesting nano-transferring approach was proposed
by [26] where in this case patterns of metallic nanostructures were transferred
to the tip of an optical fiber.
Despite the previously mentioned drawbacks of the microchannel-based
technology, this is the most established microfluidics technology nowadays.
However new emerging technologies are gaining traction offering much more
versatility. This is the case with digital microfluidics.
Digital microfluidics is similar to microchannel technology in that both can
perform lab analyses with much smaller sample volumes than in bench-scale
methods, i.e. in the microliter to nanoliter range [27]. While in microchannel
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technology it is common to work with continuous flows, digital microfluidics
is based on microdroplet manipulation. Microliter- to picoliter-sized droplets
are generated, transported, mixed, and split, on reconfigurable paths of buried
actuation electrodes with high flexibility without the need for moving parts
such as pumps or valves. This avoids cross-contamination between samples or
reagents and allows fluid plugs to be manipulated on reconfigurable paths.
Many applications such as DNA extraction and amplification [28], cell-
based assays [29, 30], enzymatic assays [31–34] and immunoassays [35] demon-
strate that this platform is a successful lab-on-a-chip implementation. Few
research results have been reported on the integration of sensing systems with
digital microfluidic chips [36, 37]. In Chapter 4 we will investigate how this
platform can be part of a robust lab-on-a-chip device, where the integration of
this microfluidic system is done together with an array of photonic label-free
ring resonator sensors fabricated on an SOI chip. This work was published
in [38] and is a result of a collaboration with the MeBioS research group (prof.
Lammertyn, KU Leuven) which is experienced in digital microfluidics. Luan et
al. [39] have already integrated a microdisk resonator in such platform. However
the system relies on very complex fabrication procedures to integrate polymer-
based disk resonators, photodetectors and bulky fiber optical connections. In
contrast, the integration of both chips presented in this work enables plug-and-
play ease of use, and offers other advantages such as portability, flexibility and
an excellent performance.
At this point, we have introduced two devices, one based on lab-on-a-chip
where digital microfluidics were integrated with photonic sensors in a chip plat-
form, and another one based on a Lab-on-fiber, where a photonic sensor is inte-
grated on an optical fiber platform. In Chapter 5 we introduce another lab-on-
a-chip device: the integration of ring resonators photonic sensors with reaction
tubes. Millions of them are used every day in labs and hospitals to perform com-
mon labeled bioassays. An additional advantage of this platform is its compati-
bility with all lab instrumentation related to automated sample-liquid handling
compatible with the tube format invented by Eppendorf in 1963. An example
of this is a platform commercialized by Mobidiag [40] which incorporates a mi-
crochip at the bottom of a reaction tube where a microarray is defined. The
device is used for labeled biosensing applications. We, however, propose the
integration of an SOI chip with an array of ring resonators, which work as label-
free biosensors. Furthermore, a second level of integration will be enabled by
creating a flow over the sensors’ surface, i.e. also integrating the microfluidics
in the same device.
It is obvious that recent advances in microfabrication have enabled high
density, chip-scale integration of optical components with substantial advan-
tages for lab-on-a-chip applications by enabling integration of both fluidic han-
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dling and optical analysis onto a single chip. These types of integrated sens-
ing devices have the potential to enable creation of biosensors that can provide
rapid, sensitive, and multiplexed measurements in point-of-care diagnostic ap-
plications.
1.5 Thesis outline
In Chapter 2 we will give a state-of-the-art overview of available label-free
biosensors where we will focus on photonic sensors. An extensive overview
over ring resonator sensors, their advantages, drawbacks and their applications
will be provided since this is the sensor we will base the research of this PhD
work on. The impact of optical fiber technology in biosensors will be explained
in Chapter 3 where we will give a short overview of the most relevant label-free
optical fiber sensor technologies. Here we will introduce our first novel inte-
gration: we will describe the design, fabrication and characterization of a ring
resonator-based optical fiber sensor developed in the course of this PhD work.
We pretend to provide with a flexible and portable biosensor device able to
measure in remote locations with the high quality of a ring resonator sensor. To
verify the capability of this Lab-on-fiber device, proof-of-principle experiments
are presented and discussed. Chapter 4 will study the possibility of integrating
a digital microfluidic platform with an SOI ring resonator sensor platform. The
advantages of this new trend in microfluidics overcome many limitations of
the most established technology based on microchannels. Proof-of-principle
experiments are presented and discussed, with the objective of paving a way for
a novel integrated platform in diagnostics. Another lab-on-a-chip device will
be introduced in Chapter 5 where the reaction tube will be used as a platform.
The integration of this disposable and compatible platform with SOI ring res-
onator sensors offers label-free biosensing advantages in a historically labeled
platform. In this chapter we discuss the advantages of the device, describe the
integration, and show the results of proof-of-principle experiments. The impact
of this device could imply a big development in diagnostics. Conclusions of the
work in this PhD and perspectives are finally given in Chapter 6.
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2
Label-free biosensors
As mentioned in Chapter 1, label-free technologies have recently attracted sig-
nificant interest for sensitive and quantitative analysis of biological systems.
There are several different classes of label-free sensors, some already commer-
cially available, others still under development. In this chapter, we will highlight
and compare some of the more promising approaches. We will describe the
fundamental principles of these different methods and discuss their advantages
and disadvantages. Finally, we will focus on ring resonator sensors for which we
will give an extensive overview since these are chosen to be the transducers of
all three devices we present in this thesis.
2.1 Mechanical biosensors
Acoustic wave biosensors and microcantilevers are two classes of mechanical
biosensors that have been successfully implemented and commercialized.
Acoustic wave biosensors, including quartz crystal microbalance (QCM)
and integrated surface acoustic wave (SAW) technologies, are based on me-
chanical transduction and thus do not require labels. Both approaches utilize
a piezoelectric quartz crystal connected to an oscillating external circuit that
is able to measure the resonant oscillatory frequency of the system (see Figure
2.1a). Typically for QCM applications, a few tenths of a mm-thick quartz crys-
tals are cut in the AT form, i.e. at a 35◦10’ angle from the Z-axis. This geometry
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provides a stable oscillation with almost no temperature fluctuation in fre-
quency at room temperature. In most applications, the QCM technique relies
upon circular quartz crystals operating in the thickness shear mode of oscilla-
tion, where basically the top and bottom half of the crystal move in opposite
directions. Under these conditions, the lateral amplitude of a vibrating crystal
is 1-2 nm. Any mass bound to the surface will tend to oscillate with the same
lateral displacement and frequency as the underlying crystal. The usual fun-
damental resonance frequencies of these devices are in the range of 5-20 MHz.
There are additional resonances at the 3rd, 5th, etc. harmonic overtones, whose
frequencies are approximate, but not exact, odd multiples of the fundamental
resonance frequency. At higher frequencies the devices become more sensitive
but too thin and thus too fragile for practical use since the crystal thickness is
inversely proportional to the frequency [1].
In their use as biosensors, when molecules bind to the surface of the sensor,
the acoustic wave traveling along the device is affected by a change in ampli-
tude, phase or frequency, which provides information about the binding event
[2]. These sensors have been utilized to detect a wide range of biomolecules,
including nucleic acids [3, 4], proteins [5], and lipids [6]. Their specificity is pro-
vided by the coating layer, which can range from a modified gold surface to a
variety of polymers [7, 8]. While acoustic wave devices are extremely sensitive
towards binding events, quantitative multiplexed biosensing is limited in these
devices. Additionally, considerations such as viscoelasticity and hydration lead
to non-linearities in frequency shifts accompanying biomolecular binding to
the quartz crystal microbalance surface [9]. QCM technology has been com-
mercialized by Q-sense and can be used to characterize the formation of thin
films (nm) such as proteins, polymers and cells onto surfaces in liquid [10].
Another type of mechanical sensors that has recently attracted considerable
attention as a multiplexed, label-free biosensing platform are microcantilevers
(see Figure 2.1b). They can measure mass, temperature or stress changes on the
surface of the cantilever. When a binding event occurs on this surface, three
different methods can be used to quantify it: deflection of the cantilever [11], a
change in the resonance frequency of the cantilever [12] or a change in the stress
exerted on the cantilever, which generates an electric current in an attached
piezoelectric element [13].
We could say that the simplest transduction event to monitor is the change
in deflection, measured by reflecting a laser beam off the back of a cantilever
and measuring the position with a split photodiode. However, the position of
bound molecules must be considered during deflection measurements, since
each molecule does not generate the same amount of deflection depending
on its position and its mass. Furthermore, the required number of molecules
bound to a surface to exert a detectable deflection is significantly higher than
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a) Quartz crystal microbalance (QCM)
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unit
Figure 2.1: a) Concept of a quartz crystal microbalance (QCM) based sensor.
The binding of molecules changes a property of the acoustic wave
which can be measured in a change as amplitude, phase or frequency.
b) Microcantilever working principle. The deflection or other induced
changes provoked by the binding of molecules quantifies the binding
event.
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with the other two transduction methods [14]. The resonance-based method
involves monitoring the change in the resonance frequency upon binding of
an analyte. While the readout equipment for this method, typically accom-
plished using interferometric schemes, is significantly more complex than that
for deflection-based methods, it is by far the most sensitive [11]. However
one limitation is that the oscillations of microcantilevers are highly susceptible
to damping effects in liquids, which vary with solution composition. In the
piezoelectric method, the binding of an analyte causes the cantilever to deflect,
subsequently depolarizing the material and generating a current. It should also
be noted that piezoelectric-modified microcantilevers can be used for both
deflection-based and resonance-based measurements. Currently, several com-
panies are developing commercial microcantilever-based systems, including
Protiveris [15], Contentris [16] and Bioscale [17].
2.2 Electrical biosensors
The basis of these detection systems is a binding-induced change in some elec-
trical property of the circuit, of which the sensor is the main component. One
of the more recent electronic biosensors makes use of the basic component
in microelectronics, i.e. the metal-oxide-semiconductor field-effect transis-
tor (MOSFET). In normal transistor operation, a semiconducting element is
attached to a source and a drain electrode, and current flowing through the
element is modulated by changing the voltage applied to a gate electrode. In
a FET-based nanowire biosensor configuration, the SiNW (silicon nanowire),
functionalized with appropriate receptors is connected to a source and drain
electrode. Binding of target biomolecules changes the dielectric environment
around the nanowires and plays a role similar to that of the gate electrode. Thus,
molecular binding can be directly quantified as a change in the conductivity of
the nanowires [18] (see Figure 2.2). Their small dimensions provide ultrahigh
sensitivity down to the single-molecule level [19]. Nanowire sensing technology
holds much promise for multiparameter biological detection; however, there
are some significant challenges to be addressed before routine operation of
higher-order multiplexed analyses can be realized. One is that their perfor-
mance deteriorates at physiological ionic strengths. Ions in solution respond
similarly to the biomolecular target, and thus the device can experience a much
diminished response to the binding event [20]. This can be avoided by de-
salting the sample prior to analysis, but introduces an additional preparative
step. The second one is reproducibility and uniformity of the integration of
nanowires [21].
Another type of promising electrical biosensors are carbon nanotubes
(CNT). They have been widely investigated as biosensors, owing to their unique
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Figure 2.2: Operating principle of a silicon nanowire based metal-oxide-
semiconductor field-effect transistor (MOSFET) as a biosensor.
Charged molecules binding to the nanowire channel induce an elec-
tric field which results in a decrease in the conductance.
structure-dependent electronic and mechanical properties [22]. They have
shown potential for biological detection. However, widespread utility has been
limited to date by difficulties in controlling the physical parameters relevant
to biosensing: length, diameter, and chirality [23]. These issues are particu-
larly significant for multiplexed sensing, in which uniform and reproducible
performance of each sensor element is essential.
Another electrical transduction method that has shown promise for mul-
tiparameter biological detection is electrochemical impedance spectroscopy
(EIS). In EIS, sensing is accomplished by measuring changes in the resistance
and/or capacitance of the electrode-solution interface upon binding of a target
molecule to a receptor-functionalized surface [24–26]. Currently several com-
panies are commercializing EIS-based system such as ACEA Bioscience [27] and
Applied BioPhysics [28].
2.3 Optical biosensors
Optical biosensors make use of the fact that biological molecules have a dielec-
tric permittivity ² greater than that of air and water, meaning that they reduce
the propagation velocity of electromagnetic fields that pass through them. Thus
optical biosensors translate changes in the propagation speed of light into a
quantifiable signal proportional to the amount of biological material present
on the sensor surface.
We can classify optical biosensors in three categories: plasmonic biosen-
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sors, interferometer-based biosensors and cavity biosensors. Each of them
can have a number of different implementations (free space optics, integrated
waveguides, photonic crystals, fibers...) and material systems. We will briefly
introduce the main working principles, which can help to understand different
configurations. For a more complete overview about optical label-free biosen-
sors we refer to [29]. For a discussion on fiber optic sensors, we refer to Chapter
3.
2.3.1 Surface plasmon resonators
The most common optical biosensor is the surface plasmon resonance (SPR)
device. The SPR biosensor was first demostrated by Liedberg [30] and since then
it has been widely developed and commercialized [31–37] and hundreds of pub-
lications have demonstrated its outstanding performance to evaluate complex
biosensing interactions [38–42].
A surface plasmon wave (SPW) is a charge density oscillation that occurs
at the interface of two media with dielectric constants of opposite signs, such
as a metal and a dielectric. It only propagates when the interface meets the
surface plasmon polariton condition, i.e. when there exists a certain interaction
or coupled state between the free electron oscillations in this interface and the
incident light, which only happens when the real part of the dielectric constant
of the metal is negative and its absolute value is greater than the real part of the
dielectric constant of the dielectric, which has to be positive:
ℜ(²di el ectr i c ) ·ℜ(²met al ) ≺ 0
|ℜ(²di el ectr i c )| ≺ |ℜ(²met al )|
(2.1)
This condition implies that the field component of the mode guided at
the metal-dielectric interface consists of two exponentially decaying functions,
with a typical penetration depth much deeper into the dielectric than into the
metal. Light is coupled to the interface of a thin metallic film (typically gold) via
total internal reflection where propagating surface plasmon modes are excited,
if the photons are of a particular frequency and incident angle. The evanescent
field associated with the plasmon resonance samples the proximal optical di-
electric environment and is highly sensitive to local changes in refractive index,
including those associated with the binding of biomolecules to receptors pre-
sented by the surface. When biomolecules bind to specific receptors attached
to the metallic film, the corresponding changes in the refractive index modulate
the intensity of light reflected off the surface, which is measured by the detector.
Four main methods to excite SPR define the most common implementa-
tions of SPR biosensors: prism coupling, waveguide coupling, fiber optic cou-
pling and grating coupling. The implementation that offers the best limit of
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Figure 2.3: Working principle of a surface plasmon resonance based sensor
with coupling prism in the Kretschmann configuration. Monochro-
matic light is coupled in while scanning the angle of incidence. For
a certain angle, light will couple to the surface plasmon wave. After
biomolecules bind to the metallic surface, the angle at which this oc-
curs will change. The amount of refractive index change and the bind-
ing of biomolecule can be quantitatively deduced from this change.
detection (LOD) is the prism coupling configuration and it was first commer-
cialized by Biacore. The incident light beam is totally reflected at the prism-
metal interface and generates an evanescent field penetrating into the metal
layer (see Figure 2.3). Since the incident power is then coupled to the surface
plasmon wave, no output intensity is observed for that angle. When a binding
event takes place on the metallic layer, the refractive index near the metallic-
bio-interface will change, together with the resonance condition. This means
that the intensity drop will occur for a different angle. This shift in resonant an-
gle can be used to quantify the amount of refractive index change and the bind-
ing of biomolecules can be quantitatively deduced from this. It is also possible
to work at a fixed angle and scan a range of wavelengths to see a resonance dip.
Although this implementation offers a good LOD, it is bulky and it is difficult to
integrate in a multiplexed system.
Other implementations have also been demonstrated as e.g. waveguide
coupling which offers a good alternative to the prism. They are robust and easy
to integrate with other optical and electrical components. Debackere et al. [39]
integrated a SPR sensor in a Silicon-on-Insulator (SOI) chip with a LOD of 10−3
refractive index unit (RIU) 1. He et al. [43] demonstrated a detection of 10 pM
1’Refractive index unit (RIU)’ makes reference to a unit change of the refractive index of a mea-
sured fluid. Note the difference with ’Resonance Units (RU)’ used typically for SPR devices devel-
oped by Biacore [31] (market leader in commercial SPR devices) where 1 RU = 0.0001◦.
24 CHAPTER 2
DNA using SPR with signal amplification using gold particles. A SPR sensor
excited using two light emitting diodes (LEDs) achieved a LOD of 2×10−5 RIU
according to Suzuki [44]. Integration of SPR sensors on optical fibers is also
possible, but this will be discussed in Chapter 3.
Another promising technique for the multiplexing approaches is surface
plasmon resonance imaging (SPRI), also referred to as surface plasmon res-
onance microscopy. In this technique a CCD detector is used to image the
intensity of light reflected off the surface, which directly corresponds to the
amount of material bound to the metal film at a given image position. In this
arrangement, changes in reflected light intensity can be measured down to a
resolution of approximately 4 µm, allowing for highly multiplexed measure-
ments of a variety of biological binding events [45]. However, multiplexing
comes with a cost, SPRI typically has limits of detection 10-100 times higher
(worse) than standard non-imaging SPR spectroscopy [46].
2.3.2 Interferometer-based biosensors
Mach-Zehnder (MZI), Young (YI) and Hartman interferometers are the usual
configurations employed for biosensing.
In the integrated version of a MZI, coherent, single frequency light from
a laser enters the single-mode input waveguide and is split equally at a Y-
junction. One branch has a window over the top of it allowing the evanescent
field of that branch to interact with the sample while the reference arm is pro-
tected from the sample with a thick cladding layer. This scheme is illustrated
in Figure 2.4. The two branches recombine at the output, resulting in interfer-
ence, and a photodetector measures the intensity. Generally, the waveguide
structure must be single polarization and single mode so that multimodal and
cross-polarization interference do not appear at the output. A biomolecular
interaction in the sensor area within the evanescent field will produce a varia-
tion in the effective refractive index of the light propagating through this area,
inducing a phase difference between the light traveling in the sensor and the ref-
erence arm. The interferometric modulation at the device output is described
by [29]:
I ∝ cos(∆φ) (2.2)
∆φ= 2pi∆L
λ
(
ne f f ,S −ne f f ,R
)
(2.3)
where ne f f is the effective refractive index,φ is the phase,∆L is the length differ-
ence between the sensing arm and the reference arm, λ is the light wavelength
and I is the light output intensity. The labels S and R stand for the sensing and
the reference arms, respectively.
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Figure 2.4: Working principle of a Mach-Zehnder interferometer (MZI). A
lightwave is split into two paths. One branch has a window over the
top of it allowing the evanescent field of that branch to interact with
the sample while the reference arm is protected from the sample with
a thick cladding layer. After combining both lightwaves again, the out-
put intensity depends on the phase difference ∆φ between the two
waves.
Depending on the amount of phase delay (induced by e.g. a different re-
fractive index medium or optical path length), the waves will (partially or com-
pletely) interfere constructively or destructively. When used in biosensing ap-
plications, the phase change can be very small and not easily detectable. There-
fore it is more practical to scan a certain range of wavelengths (Figure 2.5) since
in Equation 2.3 we see that the phase change ∆φ depends on the wavelength λ.
An attractive aspect of this device is the possibility of using long interaction
lengths, thereby increasing the sensitivity. Most common Mach-Zehnder inter-
ferometers are based on silicon nitride as a core layer and silica as cladding.
MZIs have been shown to be able to detect refractive index changes of 10−7
RIU [47]. Prieto et al. [48] have achieved a LOD of 2×10−5 RIU using an anti-
resonant reflecting optical waveguide (ARROW) in silicon dioxide. In silicon
nitride Schipper et al. [49] reported a LOD of 10−4 RIU using a standard Mach-
Zehnder interferometer.
A Hartman interferometer is a type of Mach-Zehnder implementation,
where receptor molecules are patterned on top of a planar slab waveguide.
Light is recombined on the chip which creates interference patterns between
pairs of functionalized and unfunctionalized strips and is then coupled out of
planar waveguides using gratings. A Hartman interferometer has been used by
Schneider et al. for immunoassays for human chorionic gonadotropin (hCG)
i.e. the human pregnancy hormone [50]. They achieved 5 ng/ml detection limit
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Figure 2.5: When scanning a certain wavelength range, more information is
obtained. Due to binding of biomolecules to one sensing arm, the
output spectrum will change (solid to dashed line).
and improved it to 0.5 ng/ml using signal amplification with gold nanoparticles
conjugated to second any anti-hCG antibodies.
A Young interferometer (YI) is another well-explored interferometric device
for biosensing. The YI is a waveguide with an integrated Y-junction acting as
a beam splitter and, contrary to the MZI, the two beams are not recombined
again. The exiting light from both arms is projected onto a CCD camera giving
an interference pattern. The spatial intensity distribution, I(x), along the detec-
tor screen, x, is given by the following equation [51]:
I (x)= 1+cos( 2pind
λ f
−δ) (2.4)
where λ is the wavelength, ne f f the effective RI, δ represents a phase shift due
to a RI change, and d and f are the distance between the two arms and the dis-
tance between the YI output and the screen, respectively. The equation shows
that a phase change on the reference arm causes a shift in the position of the in-
terference fringes, which can be analyzed quickly with a fast Fourier transform
of the spatial intensity [52].
The first demonstration of an integrated YI for sensing was demonstrated
by Brandenburg and Henninger [52]. A follow-up to this work using the same
design concept yielded a RI LOD of 10−7 RIU [53]. A commercialized Young in-
terferometer biosensor from Farfield Scientific [54] is currently available (called
AnaLight®). It can probe two polarizations of light sequentially which provides
extra information on the conformation of the biolayers.
A last class of interferometer-based biosensors is called backscattering in-
terferometry. This typically consists of a laser focused onto a small sensing
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Figure 2.6: Photonic crystals can have periodicity in 1, 2 or 3 dimensions.
area and a detector to analyze the reflected intensity. Sub-wavelength struc-
tures (biomolecules) on the sensing surface results in interference at the detec-
tor. The reflected beams interfere generating a signal that directly depends on
the amount of adsorbed molecules. This technique was implemented in various
configurations, arrays, chips, fibers and commercialized by Silicon Kinetics [55],
FortéBio [56] and Biametrics [57], amongst others.
2.3.3 Photonic crystals
An interesting photonic structure that has proved to be effective for multiplexed
screening and detection is the photonic crystal (PhC) [58]. Photonic crystals are
basically structures that exhibit a periodic variation of the refractive index. This
periodicity can occur in 1D, 2D or 3D as illustrated in Figure 2.7. The lattice
structure is generated on the length scale of the light wavelength, which gener-
ates photonic bandgaps where light cannot propagate in the crystal. The width
and position of the photonic gap is highly dependent on the refractive-index
change between the dielectric materials and on the periodicity of the struc-
ture [59], which is exploited for sensing. With use of this principle of detection,
photonic crystal biosensors have demonstrated the ability to detect adsorbed
protein down to approximately 1 pg/mm2 on the surface [60].
Another interesting principle to measure photonics crystal structures is by
introducing a photonic defect within the bandgap, so that the PhCs periodic
structure can be disturbed leading to the formation of the defect mode. Light
resonant with the defect mode can propagate in the PhC. As a result, in the
transmission (or reflection) spectrum, the defect mode appears as a relatively
sharp peak within the bandgap. Since the spectral position of the defect mode is
highly sensitive to the change in the local environment around the ’defect’, it can
be used as the sensing transduction signal when the refractive index changes as
a result of the binding of the molecules to the defect. Lee et al. for the first time
demonstrated a PC microcavity biosensor that is capable of monitoring protein
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Figure 2.7: SEM picture of a photonic crystal structure. The defect introduced
in the periodic structure results in a sharp peak within the bandgap of
the transmission (or reflection) spectrum. In this case the defect is
defined by the removal of a few holes in the periodic structure [62].
binding on the walls of the defect hole and quantitatively measuring the protein
diameter [61].
Photonic crystals are interesting structures that can be implemented for
many applications (e.g. sensing [63–65], lasing [66–68], filtering [69–71]) but
are, on the other hand, notoriously sensitive to fabrication errors. Indeed they
exhibit their interesting properties due to their periodic structuring, but small
errors or variations in this periodicity are sometimes detrimental for their qual-
ity. For a review on photonic crystal based biosensors, we refer to Zhao [72].
Grating-coupled waveguide sensors
A particular case of a photonic crystal in 1D is the well-known grating cou-
pler. Grating-coupled waveguide sensors are one of the first transducers devel-
oped [73]. A grating coupler is a system of periodic disturbances in a planar
single-mode waveguide. The grating allows the excitation of a guided mode of
the waveguide at a certain angle of incidence which is sensitive to any variation
in the refractive index at the surface of the waveguide within the evanescent
field region. Therefore, induced changes in the incoupling angle can be used
for sensing. Alternatively, it is possible to evaluate the outcoupling angle of the
guided light.
In the input grating coupler device, s- and p-polarized laser beams are typ-
ically scanned at a variable angle to excite both TE and TM modes. The grating
sensor requires a precise mechanical movement of the rotation stage that in-
cludes the sensing platform, the fluidics and the photodetectors [74]. On the
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other hand, output grating devices are based on the monitoring of the outcou-
pling angle, which does not require a moving stage, simplifying the setup and
decreasing the response time [75]. The in- and output grating configurations
were initially developed by Nellen and Lukosz et al., showing a refractive in-
dex LOD around 10−6 RIU. Later, Wiki et al. [76] developed the so-called WIOS
(wavelength interrogated optical sensor), based on grating couplers. The ap-
proach is based on a single-mode waveguide structured with two grating cou-
plers, to couple the light in and out, respectively. The change of the refractive
index due to an interaction on the surface is monitored by scanning the reso-
nance peak at a fixed angle of incidence by a tunable laser diode and adjusted
with a mirror. A compact device including four channels and the laser source,
the mirror, the flow cell and other components was also developed and tested
for biosensing of low molecular weight analytes, such as biotin, showing mass
detection limits of 0.3 pg/mm2. The device showed a label-free detection of
molecules as small as 200 Da.
Commercial systems for high-throughput cell-based assays are offered by
Corning [34] and SRU Biosystems [77], which fabricate low-cost gratings that
can be incorporated into standard microtiter plates. However, multiplexed in-
terrogation of different wells of the plate in parallel typically requires optical
imaging that only offers end-point read-out and in consequence loses informa-
tion about binding kinetics and affinity.
2.3.4 Ring resonators
Ring resonator transducers are increasingly being used for biosensing due to
their high sensitivity and their potential to be produced in highly dense arrays
for multiplexed analysis. In general, ring resonators consist of a loop and a cou-
pling mechanism to access this loop. When waves that travel in the loop have a
round trip phase shift that equals an integer times 2pi, the waves interfere con-
structively and the cavity is in resonance.
Ring resonators are well-known photonic components [78, 79] that can be
used not only as biosensors but as filters in wavelength-division-multiplexed
networks [80], as delay elements in optical buffers [81], and when combined
with active materials as laser cavities [82] and modulators [83]. When used for
biosensing applications, a measurable shift in the resonance wavelength is in-
duced when molecular binding occurs in the range of the evanescence field.
This shift can be continuously monitored over time which gives information on
the analyte concentration, affinity between molecules and the kinetics of the
biochemical reaction.
Since the concept was first described by Boyd et al. [84], multiple research
groups have contributed to the experimental characterization. Ramachandran
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[85] has demonstrated a ring resonator-based sensor in glass that was able to
detect 500 nM of a sequence of 25 base pairs of the genome of the bovine vi-
ral diarrhea virus. A polymer-based ring resonator was fabricated by Chao [86]
and had a detection limit of 10−7 RIU. In our group, Katrien De Vos [87] has de-
signed an SOI ring resonator with a detection limit of 10−5 RIU. She was later
able to show multiplexed detection with these sensors using an infra-red cam-
era [88]. In the industry, Genalyte [89] is the only company that makes use of
ring resonators as transducers. Currently it is launching a multiplexed label-
free biosensor platform based on silicon ring resonators. In collaboration with
this company, the group of R.C Bailey made extensively contributions to the
characterization of the platform [90–95].
We will dedicate the next section to study extensively silicon photonic ring
resonator label-free biosensors, although more detailed information on ring
resonators can be found in the PhD works of Tom Claes [96] and Katrien De
Vos [97].
2.4 Silicon photonic ring resonators label-free biosen-
sors
As mentioned above, when the wavelength of the coupled light fits an integer
number of times in the optical path length of the ring resonator, the waves in-
terfere constructively and the cavity is in resonance. This is illustrated by Equa-
tion 2.5 where λr es is the resonant wavelength, ne f f the effective index of the
resonant mode, L is the physical roundtrip length and m is a strictly positive
integer.
λr es =
ne f f L
m
(2.5)
One or more access waveguides are coupled to the ring to excite its reso-
nant modes. Two main configurations, all-pass configuration and channel-drop
configuration, with one and two access waveguides respectively, are discussed
below.
All-pass ring resonators
In the all-pass configuration (Figure 2.8), one access waveguide couples a frac-
tion k of its field amplitude to the ring. In an ideal lossless case, this amplitude
cross-coupling coefficient and the amplitude self-coupling coefficient obey
the condition k2 + r 2 = 1. Initially, r Ei n will be transmitted to the output and
(− j k)Ei n is coupled to the ring. Inside the ring, the wave amplitude is mul-
tiplied by a factor a = exp(−α2 L) where L is the ring length and α the power
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Figure 2.8: An all-pass ring resonator has one access waveguide that couples a
fraction k of its field amplitude to the ring, while a fraction r remains in
the access waveguide. The cavity is in resonance when the wavelength
of the coupled light fits an integer number of times in the optical path
length of the ring resonator.
attenuation coefficient. Note that the phase of the resonator mode runs pi2 ra-
dians behind that of the access waveguide mode. The transmission after one
round trip is a exp(− j 2piλ ne f f L). It is obvious that the amplitude of the wave at
the output port can be considered as an infinite sum of waves that have passed
through the ring once up to an infinite number of times, from which the power
transmission can be formulated as [98]:
Tal l pass (λ)=
a2+ r 2−2ar cosφ
1+ (r a)2−2ar cosφ (2.6)
where φ= 2piλ ne f f L is a single pass phase shift .
The all-pass ring resonator owes its name to the ideal case of a lossless ring,
when a=1 and the power transmission is unity for all wavelengths. In this case
the ring only acts as a phase rotator. However, in practical ring resonators (a <
1) the power transmission exhibits dips at the resonance wavelengths, caused
by destructive interference between the access waveguide mode and the light
coupled back from the ring to the access waveguide.
Each resonance dip is characterized by the following parameters, that are
illustrated in Figure 2.9:
Extinction ratio Tmax /Rmi n :
Tmax = (a+ r )
2
(1+ar )2 (2.7)
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Figure 2.9: The dips in the transmission spectrum of an all-pass ring res-
onator at the resonance wavelengths are characterized by their
full-width at half-maximum (FWHM) and on-off extinction ratio
(Tmax /Rmi n ). The spectral distance between consecutive resonances
is called the free spectral range (FSR).
Rmi n = (r −a)
2
(1−ar )2 (2.8)
Full-width at half maximum (FWHM):
FW H M = (1−ar )λ
2
r es
ping L
p
ar
(2.9)
Free spectral range (FSR): spectral distance between subsequent resonances.
In the first order approximation of dispersion the FSR becomes:
F SR = λ
2
ng L
(2.10)
When the roundtrip loss increases (decrease of a) and coupling increases (r de-
creases), the resonances are broader. The extinction ratio of an under-coupled
ring resonator (r > a) increases with increasing coupling until it becomes infi-
nite at critical coupling (r = a), when the coupled power is equal to the power
loss in the ring. Over-coupling (r < a) decreases the extinction ratio again and
further broadens the resonances.
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Figure 2.10: A channel-drop ring resonator has a second access waveguide
that receives part of the light of the cavity, providing a power trans-
mission spectrum with resonance peaks at its drop port.
Channel-drop ring resonators
The previous is the simplest configuration of a ring resonator. Here we intro-
duce a second access waveguide; this configuration will be used for our sensor
devices.
Part of the light is now coupled to the drop port of the second access wave-
guide, while the pass port of the first access waveguide is similar to the output
port of the all-pass resonator previously described. The power transmission in
continuous wave regime to that pass port can be described as [98]:
Tpass (λ)=
r 21 +a2r 22 −2ar1r2 cosφ
1+ (ar1r2)2−2ar1r2 cosφ
(2.11)
which is similar to the transmission of an all-pass ring resonator (Equation 2.6)
with a round trip ar2. The coupling to the second access waveguide introduces
an extra loss factor which is reflected as follows in the resonance dips (Figure
2.11):
Tmax = (r1+ar2)
2
(1+ar1r2)2
(2.12)
Rmi n = (r1−ar2)
2
(1−ar1r2)2
(2.13)
FW H M = (1−ar1r2)λ
2
r es
ping L
p
ar1r2
(2.14)
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Figure 2.11: The transmission spectrum of the drop port has peaks at the
resonance wavelengths with an on-off extinction ratio Rmax /Tmi n ,
while the pass port exhibits resonance dips similar to the transmis-
sion of an all-pass ring resonator.
The on- off extinction ratio Tmax /Rmi n becomes infinite at the critical cou-
pling condition r1 = ar2. The second access waveguide has a power transmis-
sion spectrum at its drop port that can be formulated as [98]:
Tdr op (λ)=
a(1− r 21 )(1− r 22 )
1+ (ar1r2)2−2ar1r2 cosφ
(2.15)
which exhibits peaks at the resonance wavelengths (Figure 2.11). These peaks
are characterized by the FWHM (equation 2.14) and the extinction ratio at the
drop port is defined as Rmax /Tmi n :
Rmax =
a(1− r 21 )(1− r 22 )
(1−ar1r2)2
(2.16)
Tmi n =
a(1− r 21 )(1− r 22 )
(1+ar1r2)2
(2.17)
Alternative parameters of a ring resonator related to the previously defined
are:
Finesse which measures the sharpness of resonances relative to their spacing.
F = F SR
FW H M
(2.18)
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Quality factor which measures the sharpness of the resonance relative to its
central wavelength.
Q = λr es
FW H M
(2.19)
To define the Q-factor, the microring is excited to a certain level and the
rate of power decay is considered. From this point of view it is understood that
round trip losses as well as coupling in the directional couplers are loss factors
that need to be reduced to obtain high-Q resonances. Therefore an all-pass res-
onator typically exhibits a higher Q-factor than an add-drop resonator (when
both devices operate close to critical coupling).
2.4.1 Lorentzian approximation of resonances
The shape of the transmission curves approximates a Lorentzian curve around
resonance. Therefore, the following easy-to-fit Lorentzian functions will be used
to fit to resonance dips in the pass transmission and resonance peaks in the
drop transmission port.
Tdi p (λ)≈
Rmi n
( FW H M
2
)2+ (λ−λr es )2( FW H M
2
)2+ (λ−λr es )2 (2.20)
Tpeak (λ)≈
Rmax
( FW H M
2
)2( FW H M
2
)2+ (λ−λr es )2 (2.21)
For a detailed derivation of the Lorentzian approximation of resonances we
refer to [96].
2.4.2 Coupling section
A good understanding of the behavior of the coupling section is crucial for ring
resonator filter design. Two coupling schemes are commonly used for cou-
pling light from a waveguide to a resonator: multimode interferometers (MMIs)
and directional waveguide couplers. Although MMIs [99] can provide 50% cou-
pling with high tolerance to dimensional variations, they are much more un-
stable when used for very low coupling as required in low loss ring resonators.
Therefore we used directional couplers which consist of two waveguides that
are brought close together so that the waveguide modes are coupled and power
can be transferred from one mode to the other.
The common directional coupler employed for the rings in this thesis con-
sists of a section with length Lc where the two waveguides are parallel to each
other with a gap Gc , and two identical sections where one of the two waveguides
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Figure 2.12: The directional coupler employed in our ring resonators consists
of a section with length Lc where the two waveguides are parallel to
each other with a gap Gc , and two identical sections where one of
the two waveguides is bent away from the other with radius Rc .
is bent away from the other with radius Rc (Figure 2.12). The power cross cou-
pling can be formulated as [97]:
k2 = Pout
Pi n
= sinκ ·Lc +κ02 (2.22)
with κ[1/µm] the coupling coefficient per unit distance in the parallel section
of the coupler and κ0 the offset coupling in the two bent regions. The coupling
strength (bothκ andκ0) increases with increasing wavelength, due to a decreas-
ing mode confinement.
2.4.3 Silicon ring resonator for biosensing
A ring resonator label-free biosensor measures selective affinity interactions be-
tween analyte molecules and receptor molecules immobilized on the ring wave-
guide surface (Figure 2.13). Since most biological molecules (proteins, DNA, ...)
have a refractive index (around 1.45) larger than that of the aqueous solvent
(around 1.31), this molecular binding locally increases the refractive index in
the range of the evanescent field of the waveguide mode. The resulting phase
change of the mode induces measurable shifts of the resonance wavelengths
of the ring, which are continuously monitored over time and which give infor-
mation on the analyte concentration, affinity between the molecules and the
kinetics of the biochemical reaction.
The silicon ring resonators used in this thesis were fabricated in SOI using
standard CMOS processing tools, in particular 193 nm deep-UV lithography and
dry etching [100, 101], so their manufacturing can be scaled to high volumes
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Figure 2.13: A ring resonator label-free biosensor measures selective affinity
interactions between analyte molecules and receptor molecules im-
mobilized on the ring waveguide surface. This molecular binding
locally increases the refractive index in the range of the evanescent
field of the waveguide mode, inducing measurable shifts of the res-
onance wavelengths of the ring, which are continuously monitored
over time and which give information on the analyte concentration,
affinity between the molecules and the kinetics of the biochemical
reaction.
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Figure 2.14: Silicon-on-insulator (SOI) photonic structures are defined in sil-
icon separated from a silicon substrate by a buried oxide layer with
low refractive index. The high index contrast of silicon and silicon
oxide offers many benefits to the platform.
at wafer scale using very reliable processes. This enables high quality sensors
cheap enough to be disposable, which avoids complex cleaning of the sensor
surface after use, since they can be single-use. Figure 2.14 illustrates basic pho-
tonic components defined in an SOI wafer.
The rings consist of a silicon core with high refractive index (3.476 at 1.55µm
wavelength) separated from a silicon substrate by a buried oxide layer with low
refractive index (1.44 at 1.55 µm wavelength). This high index contrast benefits
the sensor in two ways. First, the rings can be very compact (down to 5 µm di-
ameter is possible), which provides for high throughput and highly multiplexed
sensing. Second, the evanescent field in the ring waveguide decays rapidly.
The mode thus only interacts with changes in the cladding that happen tens
of nanometers away from the waveguide’s surface, making it very selective to-
wards refractive index changes caused by molecular binding near that surface.
This is a large asset for our biosensors, since it decreases the interaction with
refractive index changes in the liquid away from the surface, and therefore im-
proves the signal-to-noise ratio. Although the evanescent field is non-uniformly
distributed over the waveguide surface (Figure 2.15), the impact for sensing is
negligible when working far enough from single-molecule detection limits.
From the resonant condition (Equation 2.5), the measurable shift of the res-
onance wavelength when biomolecular interaction takes place in the range of
the evanescence field is formulated as follows:
dλ= dne f f L
m
(2.23)
where m is the order of the resonant mode. ne f f is influenced by the refractive
index of the cladding, which is altered upon sensing. Because of the large index
contrast of SOI, the waveguide dispersion cannot be neglected. Thus, a change
in resonance wavelength will also change the effective index. This is illustrated
in Equation 2.24.
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Figure 2.15: The evanescent field of the quasi-TE mode of a silicon wire wave-
guide decays rapidly with the distance from the waveguide; it has a
penetration depth of only a few tens of nanometers.
dλ=
(
∂ne f f
∂nbi o
dnbi o + ∂ne f f∂λ dλ
)
L
m
(2.24)
Taking into account that the group index of a dispersive SOI waveguide is
given by:
ng = ne f f −λ
∂ne f f
∂λ
(2.25)
Inserting (2.5) and (2.25) into Equation 2.24, we can define the sensitivity of
our rings as:
S = dλ
dnbi o
=
∂ne f f
∂nbi o
λ
ng
(2.26)
A rigorous derivation of the sensitivity of ne f f of slab waveguides for varia-
tions of the environment was performed by Tiefenthaler et al. in [102].
2.4.4 Vernier ring resonators
The ring resonator discussed above is the component used in its simplest form.
Many other configurations containing multiple rings in e.g. a cascade or in
combination with an MZI are possible and have been demonstrated [103, 104].
One of these configurations is two rings in a Vernier configuration. The princi-
ple is very similar to the Vernier scale found on e.g. micrometers or a calliper: by
using two scales with a slightly different spacing (i.e. FSR), increased precision
can be achieved. For ring resonators, this is illustrated in Figure 2.16.
The PhD work of Tom Claes [96] provides more in-depth information about
Vernier ring resonators, as well as experimental data on such sensors, fabri-
cated in SOI. It is shown that a significant improvement in sensitivity can be
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Figure 2.16: Broadband light is coupled in the top waveguide. When over-
lapping both transmission spectra of the slightly different rings, it is
clear that one peak will, in theory, be completely transmitted while
others will be attenuated. For a small shift in one of the ring spectra,
a larger shift in the overall transmission spectrum can be obtained.
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achieved, compared to a regular ring resonator. Furthermore, it is interesting
to note that Vernier-cascade sensors exhibit an improved LOD over ring res-
onators [96]. Jin [105] has also published a Vernier-based sensor with a sen-
sitivity of 1300 nm/RIU, below that of Claes [96] which is 2170 nm/RIU. In a
recent article published by La Notte [106], a Vernier-configuration with a ring
resonator and Mach-Zehnder interferometer is presented with a sensitivity of
over 1000 µm/RIU.
2.5 Conclusions
We have given an introduction to the most common types of biosensors in me-
chanics, electronics and integrated photonics. Apart from the literature study,
we have studied in detail one of the devices, ring resonators, which will be pro-
posed as the main transducer for all three devices that we develop in the course
of this PhD work. It is clear that each of the presented structures has its own
advantages and disadvantages, but in the following chapters, we will make use
of ring resonators in their simplest configuration, knowing that more complex
configurations or elaborated designs could provide better performance for the
platforms developed.
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3
SOI microring resonator sensor
integrated on the fiber facet
A lot of progress has been made to implement the label-free sensors mentioned
in Chapter 2 in small and easy-to-use cartridges. However, many applications
still require a sensor that can perform measurements at locations that are hard
to reach.
Optical fiber sensors can be used to tackle difficult measurement situations
where the use of conventional sensors is not appropriate. They are usually com-
pact and lightweight, minimally invasive, and can be multiplexed effectively on
a single fiber network. An additional advantage of optical fiber sensors is that
they are insensitive to electromagnetic interference, since there are no electrical
currents flowing at the sensing point.
The purpose of this chapter is to outline the basics of optical fiber biosensors
and recent developments in the label-free biosensing technology. Specifically
we will describe in detail an optical fiber probe sensor for label-free biosens-
ing based on an SOI ring resonator as transducer of the sensing device. Its use
as a medical device for imaging hard-to-reach locations and its ability to trans-
port light to a remote convenient location make of it a suitable tool for in-vivo
sensing applications, such as endoscopy.
In the first section we will introduce the most important fiber sensor tech-
nologies for label-free biosensing. After this we will start describing our fiber
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probe. In Section 3.2, the design of the photonic circuit to be transferred to the
fiber facet will be described in detail. Two different fabrication routes will be
discussed in Section 3.3. We will characterize our device in Section 3.4 where
the experiments performed and the results are analyzed and we will finalize the
chapter with the conclusions.
3.1 Optical fiber sensors
The application of optical fiber technology for sensing has undergone tremen-
dous growth and advancement over the last years and this is related to two of the
most important scientific advances of the 1960s, the laser (1960) and modern
low-cost optical fibers (1966) [1]. During the late 1960s and early 1970s some of
these low-loss optical fibers were used in the development of the first chemical
sensors; since then, their application has continued to progress and spread to
very different areas, e.g. clinical, environmental, industrial, food, and military
applications [2–5].
An optical fiber is a cylindrical waveguide made from silica or plastic that
guides light along its axis, by the process of total internal reflection (TIR). A fiber
consists of a dielectric material (the core) surrounded by another dielectric ma-
terial with a lower refractive index (the cladding). For light propagation by TIR
the refractive index of the core (n1) must be larger than that of the cladding
(n2), i.e. n1>n2. When a ray of light strikes the boundary interface between
these transparent media of different refractive index and the angle of incidence
is larger than the critical angle, defined by Snell’s law, (θc = ar csi n(n2/n1)), it
will be totally internally reflected and propagated through the fiber (see Fig-
ure 3.1). However, its intensity does not abruptly decay to zero at the interface.
A small portion of light penetrates the reflecting medium by a fraction of the
wavelength, far enough to sense a change in refractive index. This electromag-
netic field, called the evanescent wave, has an intensity that decays exponen-
tially with distance, starting at the interface and extending into the medium of
lower refractive index. The penetration depth, defined as the distance required
for the electric field amplitude to fall to 1/e (0.37) of its value at the interface, in-
creases with decreasing index contrast and is also a function of the wavelength
of the light and the angle of incidence.
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Figure 3.1: For light propagation by total internal reflection the refractive in-
dex of the core optical fiber core n1 must be larger than that of the
cladding n2. In tapered fibers, the evanescent field can interact with
the surrounding environment, i.e. for detection of molecules.
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In a standard fiber where the cladding is much thicker than the core, the
evanescent field decays to near zero value at the fiber surface. However, if the
fiber is tapered down to a diameter close to the core diameter, the light is no
longer guided by the core but is guided by the cladding, and the evanescent
field will interact with the surrounding environment, i.e. it can interact with
molecules within the new penetration depth.
Optical fiber biosensors can be classified into two categories: intrinsic and
extrinsic sensors. In an intrinsic sensor, the interaction with the analyte occurs
within an element of the optical fiber whereas in an extrinsic sensor the optical
fiber is only used to couple light. They can be used in combination with differ-
ent types of optical techniques (e.g. absorbance, refractive index, fluorescence,
chemiluminescence measurements and other spectroscopic techniques) [6]. In
all instances light intensity, decay time, polarization or phase of the emitted ra-
diation can be selected as the analytical property used to evaluate the concen-
tration of the analyte.
Here we will only focus on optical fiber sensors used for label-free biosens-
ing. For more details we refer to [7].
3.1.1 Fiber Bragg gratings
Fiber Bragg gratings (FBGs) are currently among the most popular of all fiber-
based optical sensors for analyzing load, strain, temperature, vibration, and re-
fractive index (RI) [8, 9].
They are periodic structures that are imprinted directly into the core region
of optical fibers by UV radiation. Such structures consist of a periodically vary-
ing refractive index, typically over several millimeters of the fiber core. The spe-
cific characteristic of fiber Bragg gratings for sensing applications is that their
periodicity causes them to act as wavelength sensitive reflectors. Light trave-
ling down the fiber is partially reflected at each of the small refractive index
variations. However, at a particular wavelength, called the Bragg wavelength,
(λB ) [10]:
λB = 2 ·ne f f ·Λ (3.1)
where ne f f is the effective refractive index encountered by the fiber core mode
and Λ the grating period, the reflections from each successive period are in
phase (constructive interference) and light is reflected back up the fiber. By
monitoring shifts of the Bragg wavelength, the device functions as a refractive
index sensor, which can be used for biochemical sensing. The major advantages
of the fiber Bragg grating technology are minimal size, ease of multiplexing and
distributed sensing possibilities [9].
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Figure 3.2: A) A surface grating is created on the side of the fiber. This usually
requires bending and polishing until the fiber’s core is exposed and
then a grating is physically patterned on that surface. B) The optical
fiber is chemically etched down to its core where the grating is pat-
terned.
In order to expose the evanescent field from the FBG, several strategies have
been pursued as illustrated in Figure 3.2. One approach is to create a surface
grating on the side of the fiber [11–13]. This usually requires bending and pol-
ishing until the fiber’s core is exposed, and then a grating is physically patterned
on that surface. This design has yielded devices with a RI sensitivity as high as
340 nm RIU−1 and a LOD down to 2×10−6 RIU [13].
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Figure 3.3: Photonic Crystal Fibers (PCF). The unique light-guiding mecha-
nism of photonic crystal fibers ensures a strong light-matter interac-
tion because of the large light-sample overlap since the air holes in
the fiber can act as a simple fluidic channel to deliver the biological
samples.
Another way of exposing the evanescent field involves chemically etching
the optical fiber down to its core [14–17]. Chryssis et al. demonstrated a RI
sensitivity of 1394 nm RIU−1 with a LOD of 7× 10−6 RIU when the fiber was
etched down to 3.4 µm in diameter [16]. Using the same sensor, 0.7 µg mL−1
target DNA was detected with 20 base pairs, which corresponds roughly to 0.1
µM [16]. This is still substandard for label-free DNA detection, but it appears to
be only the first proof of concept on this work.
In another study, light-matter interaction was increased by inscribing FBGs
into a microstructured fiber or Photonic Crystal Fiber (PCF) [18] (Figure 3.3).
PCF is a promising sensing platform for two reasons. First, the air holes in the
fiber can act as a simple fluidic channel to deliver the biological samples. Sec-
ond, the unique light-guiding mechanism of photonic crystal fibers ensures a
strong light-matter interaction because of the large light-sample overlap. The
array of air holes may hold a sample volume of a few nL per cm of the fiber,
which is a desirable advantage for biosensing applications. Phan Huy et al. has
reported a detection of 6×10−6 RIU using this technique. [18]
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Figure 3.4: A) Fiber Fabry-Perot cavity sensor showing the hollow segment. B)
A fiber Fabry-Perot cavity formed by two sets of FBGs.
Another structure of interest is a fiber Fabry-Perot cavity-based sensor
formed by a short piece of hollow fiber, a slot sandwiched between two pieces
of optical fiber, or a pair of FBGs [19–22]. It can also be formed by a piece of ta-
pered fiber between a pair of FBGs (Figure 3.4) The spectral reflectance of these
devices is sensitive to the RI near the fiber tip or the fiber taper. A RI sensitivity
of 71.2 nm RIU−1 and a LOD of 1.4×10−5 RIU were demonstrated with a 5 mm
long tapered fiber cavity [14].
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3.1.2 Long-period gratings
Long-period gratings (LPGs), have attracted a great deal of attention in recent
years for biochemical sensing applications although the advantages of LPGs
have been known since the early 1990s [23, 24]. These devices are manufac-
tured with a periodicity in the order of 100 µm to 1 mm, three or four orders
of magnitude larger than traditional FBGs. In an LPG, core modes couple into
the cladding modes of the fiber [25] so the characteristic resonance condition is
expressed differently than for FBG [26]:
λB = (ne f fcor e −ne f fcl addi ng )Λ (3.2)
where ne f fcor e is the effective RI encountered by core modes, and ne f fcl addi ng
is the effective RI encountered by cladding modes, which is affected by the ex-
ternal refractive index. Because of this increased field intensity in the cladding
of the fiber, the spectral position of the reflection peak becomes more sensitive
to the RI change in the surrounding medium [27]. These sensors therefore have
the advantage of being able to sense the RI changes around the cladding with-
out etching or complex structural design. Due to the large grating pitch, they
are also far easier to manufacture.
LPGs can also be customized by chemically etching down the cladding ma-
terial in order to enhance the sensitivity [25, 28]. For example, in [28], a sensi-
tivity of 172 nm RIU−1 was reached by using this method.
Recently, Rindorf et al. demonstrated the detection of biomolecules using a
long-period grating in a PCF [29, 30].
Coupled optical fibers or fiber couplers, shown in Figure 3.5, are another
fiber-based biochemical sensor platform. In this case, two identical optical
fibers are fused together and tapered to a diameter of 9 µm. The transmission
spectrum is sinusoidal and shows a RI sensitivity close to 70 nm RIU−1 with
a LOD of 4× 10−6 RIU [31]. Tazawa et al. demonstrated this sensor’s ability
to detect streptavidin with concentrations between 0.5 and 2 µg mL−1 using
covalent surface chemistries.
3.1.3 SPR fiber sensors
In Chapter 2, we mentioned that prism coupling is the most convenient SPR
configuration and generally has the best sensing LOD. However, the prism is
bulky and difficult to integrate. Optical fibers offer a good alternative to the
prism, providing a possibility for sensor miniaturization and an extremely sim-
plified optical design. They are very attractive for remote sensing and in-vivo
applications; therefore they have been extensively studied in recent years.
The use of optical fibers for SPR sensing was first proposed by Jorgenson and
Yee et al. [32]. They used the wavelength interrogation technique and formed
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Figure 3.5: Coupled fibers are another fiber-based biochemical sensor plat-
form. Two identical optical fibers are fused together and tapered [31].
Surface plasmon wave
Metal layer
Fiber core
Figure 3.6: Jorgenson and Yee et al. [32] used a side polished fiber where a
metal layer was deposited symmetrically around the exposed section
of the fiber core.
an SPR-sensing structure by using a conventional polymer clad silica fiber with
partly removed cladding and an SPR active metal layer deposited symmetrically
around the exposed section of the fiber core (Figure 3.6). This approach allows
the fabrication of miniaturized optical fiber SPR probes with limited interaction
area. The fiber-optic SPR sensor is capable of detecting variations in the refrac-
tive index within the operating range between 1.2 and 1.4 RIU with a resolution
of up to 5×10−5 RIU at higher refractive indices of analyte with a resonant wave-
length resolution of 0.5 nm.
Several different fiber-optic SPR biosensor configurations have been devel-
oped based on side-polished single-mode fiber [32, 33], side-polished multi-
mode fiber [34], polarization maintaining fiber [35] and D-shaped fiber [36], all
with a typical LOD of around 10−5 to 10−6 RIU. This can be slightly improved by
using additional Bragg gratings [37] or tapering of the fiber core [38].
There is a strong belief in literature [39, 40], that the key towards better fiber
optic SPR biosensors is controlling the chemical interactions on the sensor sur-
face. Pollet et al. [41] presented the first report on fiber optic SPR using DNA ap-
tamers as bioreceptors based on the original design of Jorgenson and Yee [32].
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Two years later, he presented the first real-time monitoring of DNA amplifica-
tion using the same device [42].
3.2 Design of the optical circuit to be transferred on
the fiber facet
FBG and LPG sensors are very attractive due to their simple design, low man-
ufacturing costs, and high compatibility with standard optical fibers. Most ap-
plications, however, focus on physical and basic RI sensing, because they lend
themselves so readily to these purposes. For biochemical detection, these sen-
sors cannot compete with other types of optical sensors in terms of their LODs
even though their sensitivities can exceed 100 nm RIU−1.
The main motivation of this section is to combine the good performance of
photonic biosensors on chip with the advantages that optical fibers offer, such
as portability, flexibility, low cost, and an excellent light delivery to a remote
convenient location, creating a so-called "lab-on-fiber".
We will transfer a photonic structure to the fiber tip which consists of two
parts: the grating coupler and the sensing circuit. We will now discuss each of
these components in more detail.
3.2.1 Grating couplers
We will start with an essential and non-trivial task for any silicon photonic sen-
sor: how to couple the light from an optical fiber with a core diameter of about
10 µm into a typical waveguide dimension (220nm x 450nm). The size mis-
match of a few orders of magnitude between the fiber core and a photonic wire
makes this coupling very inefficient. For years this problem has been investi-
gated thoroughly in literature [43–49] and tackled with different mechanisms.
The use of grating couplers is one of the most elegant methods.
Here we briefly overview the working principle of a one-dimensional grating
coupler, since it is a substantial part of the optical circuit used in our sensor
probe.
Waveguide gratings are structures having a periodic modulation of the
refractive index, see Figure 3.7. According to the Bragg condition, this one-
dimensional periodic structure will allow power exchange between particular
modes of the structure. For each grating a K-vector along the direction of peri-
odicity can be defined with magnitude:
K = 2pi
Λ
(3.3)
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Figure 3.7: Left: Light is coupled from the fiber to the photonic circuit by
means of the grating couplers from [50]. Right: Bragg condition for
one-dimensional periodic structure.
in which Λ is the period of the grating. The fundamental waveguide mode with
propagation constant β couples to other modes with kx vectors given by the
Bragg condition:
kx =−β+mK (3.4)
with m = . . . , -2, -1, 0, 1, 2,. . . . From the vector diagram it is clear that vertical
coupling through a grating coupler will go hand in hand with a large second
order reflection back into the waveguide. To avoid this, the gratings are designed
for slightly off-vertical coupling. In order to optimize the coupling efficiency, the
overlap between the field profiles of an optical fiber and the upwards diffracted
field profile is maximized. An extensive analysis of the design of grating couplers
is given by Taillaert in [44] and by Tamir in [43].
In [45], these gratings show 33% coupling efficiency at a 1.55-µm wave-
length, 40-nm 1-dB bandwidth and 2-µm alignment tolerance for 1-dB excess
loss. Typically these gratings measure 10µm x 10µm and are defined in a 10-µm
wide waveguide, guaranteeing that most of the light is collected and changed
from the vertical to the horizontal direction. However it still has to be converted
from a 10-µm broad to a 450-nm broad waveguide. This is done by using an
adiabatic taper, lengthening the structure with at least 150 µm.
This adiabatic transition determines the length of the coupling structure be-
tween fiber and chip. An alternative is to focus the light, which would allevi-
ate the need for this long adiabatic transition and would result in a substan-
tial length decrease, and hence a higher degree of integration. Additionally,
light could be focused directly on an integrated component, without needing
a waveguide. In [47] Van Laere demonstrates focusing grating coupler struc-
tures in SOI. The focusing grating couplers perform equally well compared to
the previously mentioned linear gratings. The fiber-to-fiber loss is 10.5 dB, cor-
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responding to a coupling efficiency of a single grating coupler around 30%. The
most compact structure of this type has a total footprint of 18.5 µm (width of
the grating) by 28 µm (grating + focusing section).
We will use these focusing grating couplers to couple the light from the fiber
to the sensor circuit, since the space available is limited by the dimensions of a
monomode fiber facet.
3.2.2 Sensing circuit
Our photonic device is composed of typically 220 nm high and 450 nm wide
photonic wires with 2.7 dB/cm propagation loss, on top of 2 µm of silicon oxide
and 750 µm silicon substrate.
In order to fit on the facet of a standard single-mode optical fiber, the pho-
tonic circuit is required to be compact. Therefore it is designed to be ’retro-
reflective’: using a dedicated light coupling scheme, light will be coupled in and
out of the integrated circuit via the same grating coupler and under the same
angle, similar to the work presented in [51].
Figure 3.8 shows a schematic of the top view of the optical fiber probe with
the photonic integrated circuit aligned to the core of the optical fiber. The
cladding of the fiber carries the rest of the integrated circuit comprising a 3dB
multimode interference (MMI) splitter/combiner and a ring resonator biosen-
sor. A focusing curved grating coupler focuses the light onto the SOI waveguide,
which as already mentioned circumvents the need for space-consuming wave-
guide tapers. [47].
The 3-dB MMI coupler splits the incoupled light into two different wave-
guides which coincide with both access waveguides of an add-drop ring res-
onator. Two inverted tapers at the end of these waveguides prevent light not
coupled in the ring from being reflected back in the waveguides and the ring.
The microring is a compact racetrack shape with 4µm bend radius and 4µm
straight sections that are used as directional couplers with a gap of 180 nm be-
tween the waveguides. The ring supports modes that resonate at a wavelength
λr es (equation 2.5). At this wavelength, both the clockwise and the counter-
clockwise resonance mode will be excited, causing light to be coupled back in
the access waveguides.
The same MMI is used to combine the reflected light, i.e. only wavelengths
near the resonance of the ring resonator, towards the grating coupler and the
optical fiber. In this way, the circuit is retro-reflective for only the dropped wave-
lengths.
Light coupled back in the optical fiber will show sharp peaks in the spec-
trum corresponding to the resonance wavelengths. When biomolecular inter-
action takes place in the vicinity of the ring sensor, these resonances will shift,
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Figure 8.5: Top view of an optical ﬁber probe: a photonic integrated circuit for
biosensing aligned to the core of an optical ﬁber.
Figure 3.8: Schematic of the top view of the optical fiber probe with the pho-
tonic circuit aligned to the core of the fiber.
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Figure 3.9: Microscope picture of the fiber probe facet with the photonic cir-
cuit aligned to the core of the fiber.
quantifying the number of binding events on the sensor surface.
3.3 Transfer of the photonic chip to the fiber facet
We investigated several routes for the fabrication of the device. Two main routes
are described in detail in the following subsections.
3.3.1 Route 1: failed
This route consists basically of detaching a membrane with the photonic sens-
ing circuit and gluing this membrane to the fiber. Figure 3.10 gives an overview
of the fabrication steps followed in this route.
In order to create a membrane, first the photonic circuit needs to be coated
with a photoresist, in this case, by making use of a thin spin-coated SU-8 layer, a
commonly used epoxy-based negative photoresist. Subsequently a lithography
step needs to be performed in order to open a window in the SU-8 layer to be
able to access the buried oxide (BOX) underneath the photonic circuit, which is
meant to be underetched.
The underetching process is done by wet etching. Wet etching of silicon
dioxide can be done isotropically by using either concentrated hydrofluoric acid
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Figure 3.10: Route 1: Fabrication steps. All the illustrations represent the
cross-section of the SOI chip and optical fiber. (1) A thin layer of SU-8
is spin-coated on the sensor surface. (2) Lithography is performed to
open a window through the SU-8 layer. (3) The sample is immersed
in HF. This will etch the buried silicon oxide (BOX) under the sensor
through the SU-8 window. (4) The fiber is actively aligned with an
angle of 10◦off the vertical axis to obtain optimal coupling and an ul-
traviolet (UV) curable resist is used to glue fiber and chip together.
(5) Lifting the fiber carefully, the SU-8 membrane breaks around the
sensor under the weight of the remaining part of the photonic chip,
leaving only the sensor circuit on the tip of the fiber.
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(HF) (typically 49% HF in water) or buffered oxide etch (BOE) which is basically
a mixture of a buffering agent such as ammonium fluoride (NH4F) and HF (typ-
ically with a volume ratio 6:1). Logically, the etch rate of the first option is much
higher than that of the second one, which instead offers a more controllable
etching.
We make use of the first option, since our application does not require a pre-
cise control of the etching process. However, after 30 min of immersion in HF
(time required to underetch the whole structure ∼125 µm), we observe peeling
of the SU-8 layer from the surface. This problem is solved by a short dip (5 sec-
onds) of the SOI sample in HF before coating the SU-8 layer on top. With this
previous step we etch away the native silicon oxide on top of the silicon struc-
tures, hence improving the adhesion of SU-8 to the surface and avoiding peeling
of SU-8 in the wet etching step.
At this stage, the membrane is created and the photonic structure is sus-
pended in air by the SU-8 layer. The optical fiber is aligned to the grating cou-
pler in an active way applying PAK-01 (a curable resist by Toyo Gosei Co. with
a refractive index very similar to SU-8) on the fiber tip. Since the light doesn’t
travel through an air layer anymore, the index contrast between the incident
medium and SU-8 is decreased, optimizing the transmission.
In a final step, the PAK-01 is cured by exposing it to UV light. Fiber and mem-
brane are glued together, but they are still attached to the photonic chip. By
lifting the fiber carefully, the SU-8 membrane breaks around the sensor under
the weight of the remaining part of the photonic chip, leaving only the sensor
circuit on the tip of the fiber.
Numerous problems were encountered in the active alignment stage. It
seemed difficult to maintain the membrane in a horizontal position and con-
sequently also the 10◦ angle for optimal coupling efficiency between fiber and
grating coupler.
In Figure 3.11 (top) an SEM picture shows the inclination of the grating cou-
plers are after being underetched, when the membrane is pending on air. At
the bottom we observe the same structure, however, no air can be observed be-
tween the silicon grating couplers and the silicon substrate: the membrane has
collapsed.
Two major difficulties arose using this process: first, the alignment of the
fiber under the correct angle was a very tough task, second, if both, silicon sub-
strate and silicon circuit, have stuck together like in Figure 3.11 (bottom), trying
to detach them results in images like in Figure 3.12, were some parts of the pho-
tonic circuit are attached to the fiber facet (left) and some other parts remain on
the SOI chip (right).
An exhaustive study on the optimal thickness of the SU-8 membrane to
avoid the collapse was performed without success, and other alternative routes
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Figure 3.11: Top: Grating couplers membrane suspended in air on a silicon
substrate. The membrane is tilted which makes the alignment at 10◦
between fiber and grating couplers very difficult. Bottom: The grat-
ing couplers membrane suspended in air has collapsed on the silicon
substrate. No air can be observed anymore between the gratings and
the silicon substrate.
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Figure 3.12: Bad detachment of the photonic circuit membrane after col-
lapse. Part of the photonic circuit is stuck to the fiber facet (left) while
other part remains on the SOI chip (right).
were also investigated. For further details on this process and alternatives we
refer to [52].
Only after exhausting the possibilities of this route, we decided to investigate
other routes. Eventually we fabricated the fiber probe following one of these
alternative routes which is described in the following subsection.
3.3.2 Route 2: successful
This second route consists of detaching the photonic circuit through the back
side of the chip, instead of from the front (as tried in the first route). The idea is
to remove every layer under the sensing device. An overview of the fabrication
process is given in Figure 3.13.
First the sample is bonded upside down on a silicon carrier wafer by means
of CrystalBond 509 wax from Electron Microscopy Science. This wax releases
easily after processing and leaves only a little and easy-to-remove residue on
the sensor surface.
In a next step the silicon substrate, which is 750 µm thick, must be removed.
This is not a straightforward task since many aspects must be taken into ac-
count. First, one must take care that the sample will be mechanically robust
enough to be still manipulated after the process. Second, the optical circuit
must remain intact to avoid any deterioration in the sensor performance.
Three different methods are used for this approach: First we use mechan-
ical grinding to reduce the substrate to 100 µm. This is done by mounting the
wafer on a chuck after which the substrate is pressed down against a rotating
pad while a chemical slurry is flown over the pad. The silicon is removed by a
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Figure 3.13: Fabrication process. All the illustrations represent the cross-
section of the SOI chip and optical fiber. (1) Upside-down bonding of
the SOI chip to a silicon carrier wafer by means of wax. (2) Removal of
the silicon substrate by subsequent mechanical grinding, dry etching
and wet etching. (3) Gluing of the photonic circuit to the tip of a fiber
after active alignment of the fiber core to the grating coupler under
an angle of 10◦off the vertical axis to obtain optimal coupling. (4) The
wax that bonds the sensor to the silicon carrier wafer is melted and
by lifting the fiber, the thin layer of silicon dioxide around the sensor
breaks under the weight of the remaining part of the photonic chip,
leaving only the sensor circuit on the tip of the fiber.
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combination of abrasive lapping and chemical etching.
The remaining 100 µm of silicon substrate are removed by dry and wet etch-
ing. Dry etching of silicon is mainly done using a combination of a fluorine-
based gas (like SF6 or CF4) and other gases (like O2 or N2O). The principle of
this etching method is based on generating a plasma of the precursor gasses
that comes into contact with silicon. Fluorine ions are responsible for the main
mechanism of etching silicon while the oxygen prevents recombination of fluo-
rine ions with fluorosulphur radicals, thus increasing the net amount of fluorine
ions and as a consequence, the etch rate [53]. With this method we reduce the
thickness of silicon to 50 µm, leaving the rest to be removed by wet etching.
Wet etching of silicon can be done either isotropically (using a mixture of
HF, HNO3, CH3COOH and water) or anisotropically where the most commonly
used etchants are KOH and tetramethylammoniumhydroxide (TMAH).
At first sight it seems logical to opt for KOH and TMAH, which are both
anisotropic etchants and show a high selectivity of etching silicon compared to
silicon dioxide [54]. The buried oxide layer of our chip thus acts as an etch stop
layer, guaranteeing the integrity of our sensing device located under this layer.
However, these etchants require a temperature of 70◦- 90◦C to achieve a typical
etch rate of 0.1-1 µm/min. As a consequence, the wax used to bond the die to
the carrier melts, releasing the 50µm-thick membrane in the etching solution.
After discarding the previous option, we can only use isotropic etching. This
has one main disadvantage: due to the fact that the mixture contains HF, once
the substrate has been removed, the etch will not stop at the buried oxide layer.
This implies that not only the silicon dioxide layer will be removed but the 220
nm thin top silicon layer will also be etched in an instant. Therefore very precise
timing is required and an optimized solution rate had to be investigated.
The etching solution used is a mixture of acetic, nitric and hydrofluoric acid
(CH3COOH:NH3:HF, 4:5:1) at 20◦C. After precise removal of the rest of the sili-
cone substrate, a thorough rinse of the dye with DI water is required.
At this point only the silicon circuit and the 2µm-thick silicon dioxide layer
are left on top of the wax bonded to the carrier wafer.
In an optical setup, the optical fiber core is actively aligned to the grating
coupler through the silicon dioxide layer. This top cladding layer on the grat-
ing coupler will not significantly change the absolute value of the coupling ef-
ficiency but will cause a shift in the wavelength spectrum. From the grating
period condition:
Λ= λ0
ne f f −ni nci dent si n(θ)
(3.5)
where Λ is the period of the grating, λ0 the wavelength of the incident light
in vacuum, ne f f the effective index of the optical mode, θ the incident angle
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with the normal to the grating surface and ni nci dent the refractive index of the
medium of incidence, we can expect that the wavelength spectrum will shift
towards shorter wavelengths when increasing the refractive index of the top
cladding layer (from 1.0 of air to 1.44 of silicon dioxide).
For the active alignment, the ultraviolet (UV) curable resist PAK-01 is ap-
plied on the fiber tip, which decreases the index contrast between the incident
medium and the silicon dioxide, thereby optimizing the transmission.
After the alignment is performed, the fiber is glued to the chip by exposing
the PAK-01 to UV light. Note that the chip and the fiber form an angle of 10◦,
corresponding to the angle of optimal efficiency and low reflection of the grat-
ing.
Subsequently, the wax that holds the sensor to the silicon carrier wafer is
melted by heating the carrier wafer to 110◦C with a hot plate. By lifting the fiber
carefully, the thin layer of silicon dioxide around the sensor breaks under the
weight of the remaining part of the photonic chip, leaving only the sensor circuit
on the tip of the fiber.
To facilitate breaking the silicon dioxide layer around the circuit, we found it
necessary to selectively thin down that layer from 2 µm to 700 nm. This was
achieved by dry etching over a circular area around the circuit (Figure 3.14),
while the sensing circuit was protected by a thin SU-8 layer. This partial etching
is performed prior to the bonding of the sample to the carrier wafer.
Finally, the residue of the wax on the sensing surface is removed by immers-
ing the fiber in acetone for 5 minutes at 75◦C.
3.4 Characterization of the fiber probe sensor
To measure the transmission of the sensor integrated on the fiber tip, light
from a tunable laser source is coupled into our sensor fiber and this is cou-
pled out and detected by a photodetector. The bi-directional transmission
through the sensor fiber is achieved using a fiber-optic circulator as illustrated
in Figure 3.15. The polarization is optimized for maximal coupling to the quasi-
transverse electric (quasi-TE) mode of the SOI circuit using a fiber polarization
controller.
When the sensing device is immersed in a sample solution, the change of
the refractive index in that solution leads to a shift in the resonance wavelength
that can be calculated using equation 2.26. This shift is monitored by repeatedly
scanning the spectrum.
Figure 3.16 displays a measured resonance peak of the resonator integrated
on the fiber tip. By fitting a Lorentzian function to this spectrum, the quality
factor of this resonance was determined to be 2350, which is the same as be-
fore bonding. Note that this is lower than that of optimal SOI ring resonators in
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Buried oxide
Silicon
Figure 3.14: The optical circuit is surrounded by a ring structure which ex-
poses the buried oxide layer. This is locally and partially etched to
facilitate the breaking of this layer in the final step.
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Figure 3.15: Read-out: The optical fiber probe is connected to a tunable laser
source and a photodetector through a fiber-optic circulator. The po-
larization is optimized using a fiber polarization controller.
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Figure 3.16: Fiber probe resonance. In red a measured resonance peak of the
resonator integrated on the fiber tip. By fitting a Lorentzian function
(dashed black line) the quality factor was determined to be 2350.
water, which could be over 10000. We can expect a significant improvement of
the quality factor by optimizing the coupling sections of the resonator and by
increasing its bend radius to reduce the bend loss. This can be done by making
more efficient use of the available space on the fiber tip.
As a proof-of-principle experiment to show the capabilities of the fiber
probe, we measured the sensitivity for refractive index changes of aqueous so-
lutions and compared it to the one we had previously measured for a similar
silicon-on-insulator ring resonator sensor that was not integrated on a fiber
tip [55]. We used aqueous ethanol solutions with different concentrations,
which refractive indices where derived from [56]. No surface chemistry was
applied to the sensor surface.
Figure 3.17 illustrates the measured resonance wavelength shift of our sen-
sor as a function of the refractive index change of the solution. The mean wave-
length shift values over 3 measurements on the same device are shown with
weighted variance error bars. As expected we observe a linear correlation be-
tween the wavelength shifts and the change of refractive index.
The sensitivity is determined to be 72 nm RIU−1, which corresponds to the
value we previously measured in [55]. This shows that the entire fabrication
process has no detrimental effect on the performance of the device.
In order to compensate for temperature variations in a real environment, a
second fiber probe sensor is required, which must be shielded from refractive
index changes by a cladding, providing then a reference for the measurement.
After this work, a similar approach has been performed by Shambat in [57]
where a semiconductor photonic crystal membrane is transferred to a fiber
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Figure 3.17: Measured resonance wavelength shift due to the change in re-
fractive index of various aqueous solutions. The mean wavelength
shifts over three measurements on the same device are shown with
weighted variance error bars. The resonance wavelength shifts lin-
early with the refractive index of the solution with a sensitivity of 72.3
nm RIU−1.
facet using a different fabrication process, and maintaining as well the perfor-
mance of the sensor.
3.5 Conclusions
We have given an overview of the most common types of optical fiber sensors
used for label-free biosensing. Apart from the literature study, we have also pre-
sented a novel implementation for a fiber probe that combines the good perfor-
mance of silicon-on-insulator sensors with the high mobility of optical fibers.
In this implementation an integrated SOI circuit is transferred to the facet of
a single mode optical fiber. The fabrication of the device has been described
in detail and its characterization using bulk sensing experiments has shown no
degradation when comparing to the same sensor on SOI chip, i.e. not integrated
on a fiber tip. Future work involves chemical modification of the sensor surface
for specific sensing which can lead to a robust and portable device for in-vivo
label-free biosensing applications such as an endoscopy.
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4
Digital microfluidic platform for
photonic biosensors
Analyte delivery is one of the key factors of any label-free biosensor platform.
Typically a fluidic component is required to be placed on top of the sensor which
allows for continuous delivery of the sample to the sensor surface. The most
standard form is often a flow cell glued onto the sensor surface through which
microchannels bring the analyte in contact with the sensor. However, this offers
little flexibility in terms of scalability and reconfigurability and often implies an
additional degree of integration and complexity to the system.
In this chapter we introduce the use of microdroplets, instead of contin-
uous flows, in a digital microfluidic system to characterize a silicon ring res-
onator biosensor platform. The main advantage of this system is that it avoids
possible leaks, channel clogging and cross-talk between samples or reagents
and allows fluid plugs to be manipulated on reconfigurable paths, which can-
not be achieved using the more established and more complex technology of
microfluidic channels where samples can only be manipulated sequentially. It
has great potential for high-throughput liquid handling, while avoiding on-chip
cross contamination.
In the first section of this chapter, we will describe the principles of these
digital microfluidics based on electrowetting. Later, we will introduce the basic
toolkit for a digital microfluidic platform by studying the state-of-the art of this
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technology. In section 4.2 we will present all the details on the digital microflu-
idic platform used for the integration of the photonic ring resonator biosensors
described in section 4.3. The integration of both technologies as well as the
proof-of-principle experiments and result analysis will be presented in the sec-
tions after that.
The work presented here was performed in close collaboration with the
MeBioS research group (prof. Lammertyn, KU Leuven) which has a great deal
of experience in digital microfluidics.
4.1 Digital microfluidics
An alternative to continuous flow devices is to manipulate the liquid as unit-
sized discrete microdroplets. Due to the architectural similarities with digital
microelectronic systems (i.e. either a drop is present or not), this approach is
often referred to as "digital" microfluidics. Digital microfluidic systems have
several advantages over continuous-flow systems, the most important being re-
configurability and scalability of the architecture [1].
Electrowetting [1] and dielectrophoresis [2] are the two most commonly
used techniques for microdroplet actuation, although other methods have
been demonstrated, such as thermocapillary actuation [3] and surface acoustic
wave actuation [4]. In this chapter we will only focus on electrowetting which
is primarily a contact line phenomenon, and refers to electric field-induced
interfacial tension changes between a liquid and a solid conductor. Before pro-
ceeding and for a better understanding of the electrowetting mechanism in the
following sections, we will first spend some lines in this section introducing
some basic concepts of the theory of surface effects in microfluidics.
4.1.1 Basic concepts
4.1.1.1 Surface tension
Surface tension is a force created by intermolecular cohesive forces between
materials in two different aggregation states. Figure 4.1 shows the interface
between a gas and a liquid. A molecule in the bulk of the liquid forms (non-
permanent) chemical bonds with its neighbors. At the surface/interface, the
molecules cannot form as many bonds since the density of a gas is very low.
This lack of chemical bonds results in a higher energy for the surface molecules.
It costs energy to create a surface, thus a liquid will try to minimize its energy by
minimizing the surface area. The force that minimizes the area is called surface
tension, expressed as a force per length unit [N/m = J/m2]. A typical value for a
water/air interface at 20◦C is 72.9 mJ/m2. Mercury has a relatively high value of
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Figure 4.1: A molecule in the bulk of the liquid forms (non-permanent) chem-
ical bonds with its neighbors. However, a molecule at the surface
misses the chemical bonds in the direction of the surface (dashed
lines). Consequently the energy of the surface molecules is higher
than that of the bulk molecules and the formation of such an inter-
face costs energy.
486.5 mJ/m2 at the same temperature [5].
An important consequence of the surface tension is the so-called Young-
Laplace pressure drop, defined as the pressure drop over a gas/liquid interface,
and it is given by:
∆psur f =
(
1
R1
+ 1
R2
)
γ (4.1)
Here, γ is the surface tension and R1 and R2 [m] are the curvature radii in the
two orthogonal tangent directions at a point on the surface . We see that the
curvature of the interface determines the force.
4.1.1.2 Contact angle
Another fundamental concept in the theory of surface effects is the contact an-
gle that appears when a droplet is resting on a solid: a situation were we take
into account three different phases, typically a solid, a liquid and a gas. The
contact angle θ is defined as the angle between the solid/liquid interface and
the liquid/gas interface at the contact line where the three immiscible phases
meet and is given by the the following equation [5]:
cosθ = γsg −γsl
γl g
(4.2)
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Figure 4.2: A contact angle is formed at the point where three phases (solid,
liquid and gas) come together. The value of this angle θ depends on
the different material parameters. The left droplet is placed on a hy-
drophilic surface (θ < 90◦) and the right droplet on a hydrophobic sur-
face (θ > 90◦).
where γsg is the surface tension between gas and solid, γl g the surface tension
between gas and liquid and γsl the interface tension (the tension between two
non gaseous substances) between solid and liquid phases.
The shape of a small liquid droplet on a homogeneous substrate is usually a
spherical cap. However, depending on the surface of the solid the contact angle
will change, reflecting the type of interaction between liquid and solid. In Fig-
ure 4.2 we can see the difference between a hydrophilic (left) and hydrophobic
(right) surface. A surface is called hydrophilic for a certain liquid when the con-
tact angle θ is smaller than 90◦; it is called hydrophobic when the contact angle
is greater than 90◦. On surfaces where for certain liquids the contact angle is
approximately 0◦ we say that complete wetting occurs.
Typically, water on a glass surface shows complete wetting, i.e. the contact
angle is approximately 0◦. However, when changing to a Teflon surface the con-
tact angle increases considerably to 115◦.
Another concept that we will mention later is the hysteresis contact angle,
which is defined as the difference between the advancing (or maximal) and re-
ceding (or minimal) contact angles of a droplet as illustrated in Figure 4.3 for a
droplet on tilted surface.
Now that the two fundamental concepts of surface effects in microfluidics
have been explained, we can proceed to introduce the basic principles of elec-
trowetting itself.
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Figure 4.3: The difference between the advancing contact angle and receding
contact angle of this droplet on a tilted surface is defined as the hys-
teresis contact angle.
Electrode
Hydrophobic 
insulation Droplet
V
Figure 4.4: A droplet is initially at rest on a hydrophobic insulated electrode.
Application of a voltage potential reduces the solid-liquid interfacial
tension, resulting in improved wetting of the surface by the droplet.
4.1.2 Electrowetting principle
The basic electrowetting mechanism was discovered over a century ago by Lipp-
mann [6] who observed that electrostatic charge can modify capillary forces.
This concept was introduced to microfluidics by Congage et al. in [7].
The basic principle is illustrated in Figure 4.4 where a polarizable and con-
ductive liquid droplet is initially at rest on a hydrophobic surface. When an
electrical potential is applied between the droplet and an insulated counter-
electrode underneath the droplet, improved wetting occurs through a reduction
in the droplet’s contact angle with the surface. The improved wetting is a conse-
quence of the lowering of the effective solid-liquid interfacial energy through
electrostatic energy stored in the capacitor, formed by the droplet-insulator-
electrode system. The dependence of the effective solid-liquid interfacial ten-
sion, γsl , on the applied voltage, V, is given by Lippmann’s equation [6]:
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γsl = γ0sl −
1
2
cV 2 (4.3)
where V is the voltage difference, γ0sl is the surface tension at zero voltage
and c the capacitance per unit area. Considering γl g and γsg independent of
the applied potential and consequently constant and neglecting gravity, we can
use Young’s equation of equilibrium at the 3 interfaces line (equation 4.2) to get
cosθ = cosθ0+ cV
2
2γg l
(4.4)
where θ0 is the zero-voltage contact angle. We note the strong dependence of
the contact angle on the voltage which can lead to a switch between a hydropho-
bic and hydrophilic surface, and also its independence on whether the voltage
is AC or DC.
We will call the above equation 4.4 the Young-Lippmann equation which,
based on minimization of energy, is given by:
cosθ− γsg −γsl
γl g
−²s V
2
2γg l h
= 0 (4.5)
where ²s is the dielectric constant of the solid and h its thickness.
There exist three forms of electrowetting.
Continuous Electrowetting (CEW) which uses metal droplets (e.g. mercury)
in a filler liquid. CEW exploits changes in the surface tension of the liquid-
metal-liquid (electrolyte) system at the liquid-solid-gas interface. Flow motion
is induced due to the different surface tension at the two menisci caused by the
electric potential [8].
Two other forms are Electrowetting (EW) and Electrowetting-On-Dielectric
(EWOD), which are illustrated in Figure 4.5. They exploit changes in the solid-
liquid surface tension, which in turn changes the contact angle. In EW an elec-
trical double layer (EDL) is formed in between the electrode and the electrolyte
droplet which typically is between 1 and 10 nm thick. Applying a voltage differ-
ence (around 1V) can cause an initially hydrophobic layer to act as a hydrophilic
one. In essence the electric energy counterbalances the free surface energy and
lowers the surface tension γsl . In EWOD there is no electric double layer but
the balance of energy takes place in a hydrophobic dielectric layer between the
electrode and the droplet, typically a Teflon layer of about 1µm. The voltage
required in this kind of system is much higher than that in EW, due to the rela-
tively thick Teflon dielectric layer. For a layer thickness of 1 µm about 100 Volts
are required. However, an advantage of EWOD is that it can use any kind of
aqueous (polar) liquids including most of water-based biofluids and chemical
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Figure 4.5: a) Electrowetting (EW): An electrical double layer (EDL) is formed
between the electrodes and the droplet, which is an electrolyte. As
a potencial is applied, surface energy is balanced as electrical en-
ergy and the solid-liquid surface tension is lowered accordingly. b)
Electrowetting-on-dielectric (EWOD): The balance of energy here
takes place in a hydrophobic dielectric layer between the electrode
and the droplet. Reproduced from [8].
solutions, while EW can only manipulate electrolytes. From now on we will fo-
cus on EWOD, since we will use this kind of digital microfluidics to characterize
our silicon photonic biosensors.
4.1.3 Electrowetting-on-dielectric
A cross-section of a typical EWOD platform is shown in Figure 4.6.
The application of a voltage to a series of adjacent electrodes that can be
turned on or off creates an interfacial tension gradient that can be used to ma-
nipulate droplets. Droplets are usually sandwiched between two parallel plates:
the bottom being the chip surface, which contains the addressable electrode ar-
ray, and the top surface being a continuous ground plate. When an interfacial
tension gradient is created by applying a voltage across a droplet partially over-
lapping an electrode, the droplet will move to the most stable position, which is
generally centered on the activated electrode. Droplets can be dispensed from
reservoirs using electrodes adjacent to the reservoir and can be produced with a
small variance in volume. This actuation can also be used to split large droplets
as well as merge and rapidly mix droplets. For a theoretical study on how these
operations are performed we refer to [9].
Generally, a typical EWOD device consists of a conductive material serving
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Figure 4.6: The application of a voltage to a series of adjacent electrodes can
be turned on or off, creating an interfacial tension gradient which at-
tracts the droplet towards the activated region.
DIGITAL MICROFLUIDIC PLATFORM FOR PHOTONIC BIOSENSORS 89
as the electrodes and a dielectric material providing both the capacitance be-
tween liquid and electrode, and hydrophobicity of its surface at the solid-liquid
interface (some dielectrics require an additional coating of a thin hydrophobic
material due to inadequate hydrophobicity of their natural surface). However,
these components with different intrinsic material properties influence the per-
formance of an EWOD device in different ways. Hence there are two essential
criteria for EWOD design when referring again to the Young-Lippmann equa-
tion 4.5 for EWOD:
cosθ = cosθ0+ ²r ²0V
2
2γg l h
(4.6)
where θ is the contact angle under an applied voltage V, θ0 is the contact angle
without externally applied potentials, ²r is the dielectric constant of a dielec-
tric layer of thickness h and ²0 is the permittivity of vacuum. First, the inherent
contact angle (without externally applied voltage) should be large enough to ob-
tain a maximum contact angle variation; second, the thickness of the dielectric
layer should be as small as possible to reduce the required voltages. To obtain a
large contact angle (normally larger than 90◦) at zero potential, one can either
use highly hydrophobic insulators or hydrophilic insulators on which one de-
posits a very thin hydrophobic layer without blocking the electrical connection.
However, minimizing the dielectric thickness may give rise to poor dielectric
strength, and may cause dielectric breakdown at a much lower applied voltage.
Besides these considerations, the applied potential should be minimized when
operating the devices/systems but at the same time it must be big enough to ac-
tivate the electrowetting mechanism which is defined by the threshold voltage,
VT [9]:
VT =
√
2hγg l
²r ²02
[tanα(sinθ+ sinθ0)] (4.7)
where α is the hysteresis contact angle. We observe that the threshold volt-
age is determined by the dielectric-thickness-to-dielectric-constant ratio,
p
h/².
Thus, to reduce the actuation threshold voltage, it is required to reduce
p
h/².
Other considerations, such as mechanical, thermal and charge stability are
important for reproducibility and biocompatibility. Minimal biomolecular ad-
sorption of materials must be taken into consideration when handling bio- and
physiological fluids.
The electrowetting phenomenon has been observed for mixtures of salt so-
lutions (NaCl or Na2SO4) with other chemicals such as glycerol [10], ethanol [11]
and methanol [12], without any degradation of EWOD performance. On the
other hand, the transport of fluids containing proteins, such as enzyme-laden
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reagents and human physiological fluids is not as straightforward. This is be-
cause most proteins tend to adsorb irreversibly to hydrophobic surfaces, and
contaminate them. In addition to contamination, protein adsorption can also
render the surface permanently hydrophilic. This is detrimental to transport,
since electrowetting works on the principle of modifying the wettability of a
hydrophobic surface. Since more and more research interests on EWOD have
been driven by its biomedical applications, researchers have been investigating
the applicability of EWOD devices in the presence of biomolecules and phys-
iological fluids. Yoon et al. [13] showed that EWOD occurred with biofluids
containing proteins, DNA and adult bovine whole serum of a biomolecule con-
centration of 4 µg/ml, although the performance was degraded by the adsorp-
tion of biomolecules into the insulation layer giving rise to the reduced con-
tact angle change and hysteresis. The compatibility of EWOD with physiologi-
cal fluids such as insulin, cytochrome, myoglobin etc. has been demonstrated
by Wheeler et al. [14] using an EWOD-based chip. The most recent popular
applications of EWOD are bio-assays such as DNA extraction and amplifica-
tion [15], cell-based assays [16, 17], enzymatic assays [18–21] and immunoas-
says [22]. EWOD actuation of human physiological fluids containing human
whole blood, serum, plasma, urine, saliva sweat and tears was demonstrated
at 20 Hz and less than 65 V by Srinivasan et al. [18] using an integrated digital
microfluidic chip. All these experimental results show that an EWOD is indeed
applicable to bio-assays.
4.2 Electrowetting-on dielectric platform for pho-
tonic biosensors
In the rest of the chapter we will demonstrate how digital microfluidics can be
used for effective fluid delivery to photonic microring resonator sensors fully
constructed in SOI. Combination of both technologies offers unique advan-
tages and shows great potential for performing label-free biosensing, as cross-
contamination, microchannel clogging and air bubble formation are avoided,
while minimal sample waste is generated. Moreover, since digital microfluidics
is inherently an array-based technique and photonic ring resonator sensors are
commonly used in arrays as well, the proposed combined system is ideal for
array-based biochemical applications. We will start this section by describing
in detail the digital microfluidic system used for this approach.
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Figure 4.7: The cross-section of an electrowetting-on-dielectric (EWOD) lab-
on-a-chip and the electrowetting principle. When a voltage is applied
to an actuation electrode, the droplet is attracted toward this activated
region owing to the imbalance generated in the interfacial tension
near the surface above the actuated electrode [20].
a) b)
Figure 4.8: a) Photograph of the digital microfluidic chip with a standard ITO
top plate, visualizing the sandwiched droplets. b) Assembled EWOD
platform demonstrating the chip holder with electrical connections.
4.2.1 Digital microfluidic system
The cross-section of the EWOD lab-on-a-chip is shown in Figure 4.7. Many
EWOD lab-on-a-chip device configurations exist, mainly differing in the actua-
tion electrode architecture and the type of dielectric material used. This dielec-
tric layer is a crucial element in the EWOD lab-on-a-chip configuration, as it iso-
lates the liquid droplet from the actuation electrodes, thereby preventing elec-
trolysis when a voltage is applied across the droplet [23, 24]. Below, we describe
the fabrication process for the EWOD lab-on-a-chip from KU Leuven based on
the protocol of [1].
The digital microfluidic platform is produced by means of standard pho-
tolithographic techniques. For the bottom part of the chip, a 100-nm thick alu-
minum layer is sputtered on a glass wafer and subsequently patterned. All elec-
trodes are 1.4 x 1.4 mm2. The aluminum layer is covered by a 2.8 µm dielec-
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Figure 4.9: When a voltage is applied to the system, a surface tension gradient
at the droplet surface is evoked which attracts the droplet towards the
activated region. Thus, the droplet movement can be freely controlled
along a pattern of electrodes.
tric Parylene-C layer deposited using chemical vapor deposition. This insulat-
ing layer is rendered hydrophobic by spin-coating a layer of Teflon-AF (300 nm
thickness) on top. The top part of the digital lab-on-a-chip consists of a glass
plate coated with a 120-nm thin layer of transparent indium tin oxide (ITO)
which is also made hydrophobic with a Teflon-AF layer of approximately 300
nm. Standard tape with a thickness of 80 µm (3M) is used as a spacer between
the top and bottom plates. Figure 4.8 shows this digital microfluidic platform.
Droplets are sandwiched between the two plates. To activate the electrowetting-
on-dielectric mechanism, a 130 V DC actuation voltage is used, while the elec-
trode actuation sequence, activation time and relaxation time are controlled by
means of homemade programs in MATLAB (The MathWorks) [25] and LabView
(National Instruments Corp.) [26]. When a voltage is applied to the system,
a surface tension gradient at the droplet surface is evoked which attracts the
droplet towards the activated region. As such, the droplet movement can be
freely controlled along a pattern of electrodes, as illustrated in Figure 4.9.
4.3 Photonic biosensors
The photonic biosensors used for this approach are the earlier described ring
resonators. The photonic chip was fabricated in silicon-on-insulator with 2 µm
buried oxide and a 220-nm silicon top layer using CMOS-compatible 193-nm
optical lithography and dry etching [27]. The resonators consist of 450-nm-
wide single-mode waveguides, with 5 µm bend radius, 2 µm long directional
couplers and a gap of 180 nm between the waveguides. The layout of the chip is
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Figure 4.10: Chip layout top view. A SANTEC TSL-510 tunable laser was used
as a light source. The input waveguides are simultaneously ad-
dressed through vertical grating couplers with a 2 mm-wide colli-
mated beam from a tunable laser source. The output signals of the
ring resonators are near-vertically coupled to free space by means of
integrated grating couplers and are imaged with an infrared camera.
illustrated in Figure 4.10. Four rings are connected to one common input wave-
guide, each of them having a dedicated drop signal port. Five of these four ring
series are placed independently next to the other. The five input waveguides are
simultaneously addressed through vertical grating couplers [28] with a 2 mm-
wide collimated beam from a tunable laser source. The output signals of the
ring resonators are near-vertically coupled to free space by means of integrated
grating couplers and are imaged with an infrared camera.
We use the shallow-etched gratings described in Chapter 3 which have a
maximum coupling efficiency of 31% at 1.55µm wavelength (40-nm 1-dB band-
width) for 10◦ off-vertical coupling angle. Because the bandwidth of the grat-
ing couplers is larger than the free spectral range of the resonators, the grat-
ing couplers do not limit the number of resonators placed in series. This op-
tical setup allows for very high alignment tolerances, measures the spectrum
of all the ring resonators in parallel and therefore forms no limitation for high-
throughput sensing. A SANTEC TSL-510 tunable laser is used as a light source.
The transmitted light is detected by a XenICs infrared camera. The input power
is chosen so that the intensity of the resonance peaks corresponds to the pixel
saturation level to obtain a maximum signal-to-noise ratio. We have developed
a Python-based software that captures the image from the infrared camera for
every wavelength step of the laser sweep, and stores the maximum intensity
values within each dedicated area that overlaps with an output grating cou-
pler spot. This software has been developed and optimized by Sam Werquin,
PhD student in our group. Post-processing consists of fitting the spectra to a
Lorentzian function and tracking the peaks over time using MATLAB [25].
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Figure 4.11: Incorporation of the silicon-on-insulator (SOI) chip containing
an array of microring resonator sensors into the digital microfluidic
system by replacing the top glass plate of the platform.
4.4 Integration of both technologies: digital microflu-
idic platform and photonic biosensors
The SOI chip containing the array of ring resonator sensors described above is
incorporated into the digital microfluidic system by replacing the top glass plate
of the platform. Figure 4.11 illustrates how the chip is placed up-side down,
squeezing the liquid droplets against the bottom plate containing the buried
electrodes. In order to guarantee the hydrophobicity of the SOI chip surface,
which is crucial for performing droplet manipulations efficiently, and at the
same time ensure the contact of the sensors with the droplets, a layer of Teflon-
AF (300 nm thickness) needs to be coated on the SOI chip and subsequently
patterned. For that reason, the Teflon-AF surface is activated with O2-plasma to
allow photoresist to be spincoated on top. This thin layer of photoresist is then
patterned by using standard photolithography to uncover the ring resonators.
Next, the Teflon-AF covering the ring resonators is locally removed with reactive
ion etching using O2-plasma. Some ring resonators are left covered with Teflon-
AF in order to provide a reference to compensate for environmental drift.
Figure 4.12b shows how the SOI chip containing arrays of microring res-
onator sensors (Figure 4.12a) is aligned on top of the digital microfluidic chip
so that the sensor array coincides with the electrode pattern underneath in the
bottom plate of the microfluidic chip, thereby ensuring contact of the ring res-
onators with the liquid droplets.
As described in Section 4.3, grating couplers are used to couple the light
from a tunable laser into the chip and couple it out to be detected by an infrared
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Figure 4.12: a) SOI chip containing arrays of microring resonator sensors. The
relevant microring sensor arrays and grating couplers are indicated
in red and blue, respectively. b) Alignment of the SOI chip on the dig-
ital microfluidic chip. The SOI chip was aligned so that one of sensor
arrays coincided with the electrode pattern underneath, thereby en-
suring contact of the ring resonators with the liquid droplets.
camera. A new aspect with respect to our previous work [29] is that now, since
the chip is placed up-side down, light needs to be coupled in and out through
the 750-µm thick silicon substrate. Silicon is considered practically transpar-
ent for the wavelength used (1.55 µm). However, to reduce the scattering of the
rough substrate surface and to facilitate the alignment of the laser beam and the
detection of the light coupled out from the chip, a few simple processing steps
are done in advance: the silicon substrate is thinned down to 300 µm by chem-
ical mechanical lapping and afterwards a chemical mechanical polishing step
is performed in order to attain a smooth surface. The material removal occurs
as a consequence of a combination of chemical reaction of the slurry chemicals
with the silicon wafer surface and the repeated mechanical interaction between
a pad or plate and the silicon substrate. Figure 4.13 shows an image from the IR
camera where the chip is placed up-side down on a chuck that uses vacuum to
keep the sensor fixed in place. The different photonic circuits of the SOI chip,
the laser beam and even the vacuum holes of the chuck at the other side of the
chip are clearly visible.
4.5 Experiments
As a proof-of-principle to show the capabilities of the combined system, we
measured the sensitivity for refractive index changes of aqueous solutions and
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Figure 4.13: IR camera image. The chip is placed up-side down on a vacuum
chuck. The laser beam and the vacuum holes of the chuck at the
other side of the chip are clearly visible. The different photonic cir-
cuits on the SOI chip are distinguished as dark and lighted areas.
compared it with previous measurements for the same array of sensors using
typical microfluidics based on microchannels [32] and simulations for bulk re-
fractive index changes done in Fimmwave (Photon Design).
To demonstrate the proof-of-principle of on-chip sensing, three different
sets of experiments were performed, each with a different chemical compound
whose concentration in deionized (DI) water was to be determined. For this
purpose, we chose sodium chloride, glucose and ethanol. For each of these
compounds, 3 different droplets with different concentrations were prepared
(Table 4.1). For this proof-of-principle experiment, droplets were pipetted man-
ually on the chip surface. However, dilutions of these compounds can also be
automated on-chip by executing multiple merging and splitting steps [19]. For
each droplet, we performed simultaneous measurements with 12 different ring
resonators in the array under the droplet. Finally, each of these measurements
was repeated 3 times. In total, this represents 3 x 3 x 12 x 3 = 324 measurements,
from which the sensor sensitivity and sensor variability can be derived. In each
array, four ring resonators where left covered with Teflon-AF, to isolate them
from external interaction and to provide a reference for each measurement. The
refractive index of sodium chloride and glucose was derived from [30] and the
refractive index of ethanol from [31].
The measurements were performed as follows, e.g. for the sodium chlo-
ride solutions: a droplet of DI-water was transported on the digital microflu-
idic platform to the sensors area. Our system started measuring. Subsequently,
the droplet of water was moved, leaving a free route for the second droplet
with a first sodium chloride concentration. Since the read-out system performs
98 CHAPTER 4
Figure 4.14: Measurement process. Our system started measuring when a
droplet of deionized water was transported in the digital microfluidic
platform to the sensor area. Subsequently, that droplet was switched
for a droplet with a certain sodium chloride concentration which
was measured once it reached the sensing area. This process was
repeated by measuring again the water droplet and a third droplet
with a different sodium chloride concentration.
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Figure 4.15: The SOI chip surface was coated with a 125 nm layer of Teflon AF
and consequently patterned in order to guarantee the hydrophobic-
ity of the SOI chip surface and at the same time ensure contact of the
sensors with the droplets.
continuous measurements in time, we measured in air during the switching of
droplets, causing a big shift in the resonance wavelength, which was discarded.
When the second droplet reached the sensing area, the measured signal shifted
again to a similar wavelength as measured during the previous droplet, since
the refractive index of different watery solutions does not differ to a large ex-
tent. This process was repeated by measuring again the water droplet and a
third droplet with a different sodium chloride concentration, as illustrated in
Figure 4.14.
This same process was repeated for measuring glucose and ethanol concen-
trations in DI-water in order to confirm the behavior of the system for different
refractive index materials and samples, while guaranteeing reproducibility. One
photonic chip was used to perform the three repetitions of the measurement of
each solution. Thus, three different photonic chips (one per each solution) were
used in total to perform the experiments, while the digital microfluidic platform
was reused.
4.6 Results
The Teflon-AF pattern on the array of ring resonator sensors is shown in Figure
4.15. It is a crucial aspect for the experiments performed, since it guarantees
the hydrophobicity of the SOI chip surface and at the same time ensures the
contact of the sensors with the droplets. In each array of sensors, four ring res-
onators where left covered with Teflon-AF to isolate them from external drifts.
The measured signal of these rings shows a standard deviation smaller than 2%,
providing thus an excellent reference for each measurement. Another impor-
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Figure 4.16: Evolution in time of the resonance wavelength shift of the ring
resonators during the measurements of different sodium chloride
concentrations. Each color corresponds to one sensor. When we
change from water to salt solution and vice versa, the shift of the res-
onance wavelength is easily measurable.
tant aspect on these measurements is that the SOI is placed up-side down, so
light needs to be coupled in and out through the silicon substrate.
Figure 4.16 shows the evolution in time of the resonance wavelength shift
of the ring resonators during the measurements with different sodium chloride
concentrations. Each color corresponds to one sensor. The shift of the reso-
nance wavelength is easily measurable when changing from water to salt so-
lution and vice versa. The variability between sensors was determined to be
smaller than 8%. During the switch of droplets the measurement had to be
done in air (as explained in previous section) which explains the absence of data
points in the graph since the change of refractive index from aqueous solutions
to air implies a big shift in the resonance wavelength.
Analyzing these shifts as a function of the refractive index unit (RIU) of the
droplets, we observed a very close correspondence between the simulations
and the measurement results (Figure 4.17). 78 nm/RIU is the sensitivity that
these ring resonators show for refractive index change simulations, which was
also measured and proved in [32] using the typical microfluidics system based
on microchannels. The measurements performed in this digital microfluidic
system show a sensitivity of 77±0.6 nm/RIU, which shows that the performance
of the transducer does not suffer from being integrated in a digital microfluidics
system.
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Figure 4.17: Three experiments with different sodium chloride, glucose, and
ethanol concentrations were performed. Each line corresponds to
one of these experiments. Error bars indicate the standard devia-
tions based on three repetitions. Three photonic chips (one per so-
lution) were used to perform the three experiments. A sensitivity
of 77±0.6 nm per refractive index unit (RIU) is determined taking
into account the slope of the linear fitting for the three lines, show-
ing a perfect match with simulations and previous measurements of
the same sensors using the typical more complex microfluidic sys-
tem [32].
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4.7 Conclusions
In this chapter we have studied the basics of digital microfluidics, an emerging
technology able to perform all the fluidic lab-on-a-chip operations (dispensing,
transport, mixing, splitting, merging, storing ) in a single platform without con-
tamination.
We have presented the combination of this promising technology with the
well-known label-free silicon photonic microring resonator sensors fabricated
in SOI, providing an alternative to the typically costly and complex microfluidic
system based on microchannels used for liquid sample delivery to microring
resonators. This alternative provides a cheap and flexible method for the in-
tegration of photonic sensors and microfluidics, which enables plug-and-play
ease of use, as no physical connection is needed between the optical chips and
the light source and detection unit, while SOI chips can be fabricated in mass
production volumes. This enhances disposability of the chips which is benefi-
cial for performing bio-assays where cross contamination is of great concern.
We have proved the excellent performance and compatibility of this com-
bined system, showing no degradation of the sensor performance with respect
to simulations or previous measurements of the same sensors using the typi-
cal, more complex microfluidic system [32]. This combination allows for multi-
plexed real-time detection and analysis. Its great flexibility, portability and dis-
posability make it ideal for easy and fast use in any laboratory.
Future work would consist of biofunctionalization of the microring sensor
surface by using silane chemistry, which we were unable to perform ourselves
due to time constraints. These experiments would allow us to functionalize the
sensor surface with specific capture molecules without affecting the surface hy-
drophobicity and hence the sensor performance. This will open up many pos-
sibilities for performing multiplexed antibody detection and bio-assays on the
proposed system, and further exploit its potential for performing miniaturized
analysis. This can pave the way for a novel integrated platform for diagnos-
tics and life sciences in general, as the platform can be exploited for assessing
molecular interactions and cell-based studies in a multiplexed high-throughput
context.
DIGITAL MICROFLUIDIC PLATFORM FOR PHOTONIC BIOSENSORS 103
References
[1] M. Pollack, A. Shenderov, and R. Fair. Electrowetting-based actuation of
droplets for integrated microfluidics. Lab on a Chip, 2(2):96–101, 2002.
[2] J. A. Schwartz, J. V. Vykoukal, and P. R. C. Gascoyne. Droplet-based chem-
istry on a programmable micro-chip. Lab on a Chip, 4(1):11–17, 2004.
[3] A. A. Darhuber, J. P. Valentino, S. Member, S. M. Troian, and S. Wagner.
Thermocapillary actuation of droplets on chemically patterned surfaces
by programmable microheater arrays. Journal of Microelectromechanical
Systems, 12(6):873–879, 2003.
[4] A. Renaudin, P. Tabourier, V. Zhang, C. Druon, and J.-c. Camart. Micro-
gouttes plateforme saw dédiée à la microfluidique discrète pour applica-
tions biologiques Handling of SAW actuated droplets for biological appli-
cations Microgouttes. La Houille Blanche, 3(1):1–5, 2006.
[5] H. Bruus. Theoretical Microfluidics. Oxford University Press, 2008.
[6] M. G. Lippmann. Relations entre les phenomenes electriques et capilaires.
Ann. Chim. Phys., 5(11):494–549, 1875.
[7] E. Colgate and H. Matsumoto. An investigation of electrowetting-based mi-
croactuation. Journal of Vacuum Science & Technology A: Vacuum, Sur-
faces and Films, 8(4):3625 – 3633, 1990.
[8] J. Lee, H. Moon, J. Fowler, T. Schoellhammer, and C.-J. Kim. Electrowet-
ting and electrowetting-on-dielectric for microscale liquid handling. Sen-
sors and Actuators A: Physical, 95(2-3):259–268, January 2002.
[9] J. H. Song, R. Evans, Y.-Y. Lin, B.-N. Hsu, and R. B. Fair. A scaling model
for electrowetting-on-dielectric microfluidic actuators. Microfluidics and
Nanofluidics, 7(1):75–89, November 2008.
[10] A. Klingner, J. Buehrle, and F. Mugele. Capillary bridges in electric fields.
Langmuir The Acs Journal Of Surfaces And Colloids, 20:6770–6777, 2004.
[11] M. Vallet, M. Vallade, and B. Berge. Limiting phenomena for the spreading
of water on polymer films by electrowetting. European Physical Journal B,
11:583–591, 1999.
[12] T. N. Krupenkin, J. A. Taylor, T. M. Schneider, and S. Yang. From rolling ball
to complete wetting: the dynamic tuning of liquids on nanostructured sur-
faces. Langmuir The Acs Journal Of Surfaces And Colloids, 20:3824–3827,
2004.
104 CHAPTER 4
[13] J.-Y. Yoon and R. L. Garrell. Preventing biomolecular adsorption in
electrowetting-based biofluidic chips. Analytical Chemistry, 75(19):5097–
5102, October 2003.
[14] A. R. Wheeler, H. Moon, C. Kim, J. A. Loo, and R. L. Garrell. Electrowetting-
based microfluidics for analysis of peptides and proteins by matrix-assisted
laser desorption / ionization mass spectrometry laser desorption / ionization
mass spectrometry. Analytical Chemistry, 76(16):4833–4838, 2004.
[15] M. Abdelgawad, S. Freire, H. Yang, and A. R. Wheeler. All-terrain droplet
actuation. Lab on a Chip, 8(5):672–677, 2008.
[16] D. Witters, N. Vergauwe, S. Vermeir, F. Ceyssens, S. Liekens, R. Puers, and
J. Lammertyn. Biofunctionalization of electrowetting-on-dielectric digital
microfluidic chips for miniaturized cell-based applications. Lab on a Chip,
11:2790–2794, 2011.
[17] I. Barbulovic-Nad, H. Yang, P. Park, and A. R. Wheeler. Digital microfluidics
for cell-based assays. Lab on a Chip, 8:519, 2008.
[18] V. Srinivasan, V. K. Pamula, and R. B. Fair. An integrated digital microfluidic
lab-on-a-chip for clinical diagnostics on human physiological fluids. Lab
on a Chip, 4:310–315, 2004.
[19] N. Vergauwe, D. Witters, Y. T. Atalay, B. Verbruggen, S. Vermeir, F. Ceyssens,
R. Puers, and J. Lammertyn. Controlling droplet size variability of a digi-
tal lab-on-a-chip for improved bio-assay performance. Microfluidics and
Nanofluidics, 11(1):25–34, January 2011.
[20] N. Vergauwe, D. Witters, F. Ceyssens, S. Vermeir, B. Verbruggen, R. Puers,
and J. Lammertyn. A versatile electrowetting-based digital microflu-
idic platform for quantitative homogeneous and heterogeneous bio-assays.
Journal of Micromechanics and Microengineering, 21(5):054026, May
2011.
[21] D. Witters, N. Vergauwe, R. Ameloot, S. Vermeir, D. De Vos, R. Puers, B. Sels,
and J. Lammertyn. Digital microfluidic high-throughput printing of single
metal-organic framework crystals. Advanced materials, 24(10):1316–1320,
March 2012.
[22] R. Sista, Z. Hua, P. Thwar, A. Sudarsan, V. Srinivasan, A. Eckhardt, M. Pol-
lack, and V. Pamula. Development of a digital microfluidic platform for
point of care testing. Lab on a Chip, 8(Dec):2091–2104, 2008.
DIGITAL MICROFLUIDIC PLATFORM FOR PHOTONIC BIOSENSORS 105
[23] H. Liu, S. Dharmatilleke, D. K. Maurya, and A. a. O. Tay. Dielectric mate-
rials for electrowetting-on-dielectric actuation. Microsystem Technologies,
16(3):449–460, November 2009.
[24] Y.-y. Lin, R. D. Evans, E. Welch, B.-n. Hsu, A. C. Madison, and R. B. Fair. Low
voltage electrowetting-on-dielectric platform usign multi-layer insulators.
Sensors and Actuators B: Chemical, 150(1):465–470, 2011.
[25] MATLAB, http://www.mathworks.com.
[26] National Instruments, http://www.ni.com/.
[27] S. K. Selvaraja, P. Jaenen, W. Bogaerts, D. V. Thourhout, P. Dumon, and
R. Baets. Fabrication of photonic wire and crystal circuits in Silicon-on-
Insulator using 193nm optical lithography. Journal of Lightwave Technol-
ogy, 27(18):4076–4083, 2009.
[28] W. Bogaerts, R. Baets, S. Member, P. Dumon, S. Member, V. Wiaux, S. Beckx,
D. Taillaert, B. Luyssaert, and J. V. Campenhout. Nanophotonic waveguides
in Silicon-on-Insulator fabricated with CMOS technology. Journal of Light-
wave Technology, 23(1):401–412, 2005.
[29] K. De Vos, J. Girones, T. Claes, Y. De Koninck, S. Popelka, E. Schacht,
R. Baets, and P. Bienstman. Multiplexed anitbody detection with an ar-
ray of Silicon-on-Insulator microring resonators. IEEE Photonics Journal,
1(4):225–235, 2009.
[30] H. Su and X. G. Huang. Fresnel-reflection-based fiber sensor for on-line
measurement of solute concentration in solutions. Sensors and Actuators
B: Chemical, 126(2):579–582, October 2007.
[31] R. Belda, J. Herraez, and O. Diez. A study of the refractive index and sur-
face tension synergy of the binary water/ethanol: influence of concentration.
Physics and Chemistry of Liquids, 43(1):91–101, 2005.
[32] K. De Vos, I. Bartolozzi, E. Schacht, P. Bienstman, and R. Baets. Silicon-on-
Insulator microring resonator for sensitive and label-free biosensing. Optics
Express, 15(12):7610–7615, June 2007.

5
Reaction tubes as a platform for
photonic sensors
In this chapter, we will investigate whether we can integrate photonic biosen-
sors in the standard reaction tubes commonly used in hospitals and labs to per-
form any kind of bioassays. The goal is to provide a new biosensor device com-
bining the good performance of photonic biosensors and the convenience of
the handy format of a reaction tube. In the first section we will explain the mo-
tivation for this investigation. Later we will present the device and its key parts:
the biosensors, the fluidic system, and how the integration can be performed.
At the end of the chapter, we will describe the setup required to carry out the
experiments and we will present the results of these experiments. The work in
this chapter was published in [1].
5.1 Motivation
In 1963 Eppendorf introduced the first microtube into laboratories and created
a standard that to the present day is used in all research and diagnostic laborato-
ries throughout the world. They are essential to perform bioassays which serve
as a diagnostic tool in medicine and plant pathology, as well as a quality-control
checking in various industries (Figure 5.1).
Those handy and disposable platforms for small fluid volumes have received
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Figure 5.1: Microtest tube introduced in laboratories by Eppendorf in 1963.
Nowadays this tube is used in all research and diagnostic laboratories
throughout the world.
Figure 5.2: Mobidiag assay principle: detection of the result is based on DNA
hybridization to capture oligos on the chip. The reaction is visualized
by inducing a color reaction in the label [2].
large investments to achieve automatic and efficient handling, optimizing the
bioassays’ performance. Nowadays all lab instrumentation related to sample-
liquid handling, such as centrifugators, mixers, pipette arrays, etc, is compatible
with this kind of tube.
However, this platform only allows for labeled detection assay techniques
which are labour intensive and costly and can only be performed in an ’end-
point’ fashion so that no kinetic information on the biomolecular interaction
can be obtained.
As discussed in Chapter 2, quantification of the detection is a difficult task
in labeled assays. In an attempt to simplify this quantification, Mobidiag [2] has
incorporated a microchip at the bottom of a reaction tube where a microarray is
defined. The result is based on DNA hybridization to capture oligos on the mi-
croarray and the reaction is visualized by inducing a color reaction in the label
(Figure 5.2).
Following the same concept but bringing the advantages of label-free tech-
nology without giving up the handy and disposable format that Eppendorf in-
troduced in labs more than half a century ago, our goal is to integrate a pho-
tonic chip with an array of ring resonator biosensors at the bottom of these re-
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Figure 5.3: The Corning Epic System is based on waveguide grating optical
biosensors at the bottom of a microtiter plate. When illuminated with
broadband light, the biosensor reflects a specific wavelength of light
that is a sensitive function of the index of refraction close to the sensor
surface. Binding events on the surface produce a wavelength shift in
the reflected light [3].
action tubes. This would enable numerous advantages: on one hand, all the ad-
vantages of photonic label-free ring resonators that we mentioned in Chapter
2, i.e. high performance biosensors, disposable chips due to mass fabrication
and label-free assays with kinetic information and real time monitoring; on the
other hand, all the advantages of the handy, user-friendly, portable and compat-
ible format of the ’eppendorf’ tube used by most lab professionals nowadays.
In the common procedure for label assays (Chapter 1), long analysis times
must be considered to allow the analyte to reach the receptors by diffusion, and
a washing step must be performed every time a new solution is inserted in the
tube. In our approach instead, a flow will be created over the sensors’ surface,
so a combination of convection and diffusion will transport the analyte to the
surface of the sensor. The whole process of detection will be faster and more
efficient and no washing steps will be required.
A related, but diffusionaly approach is already made available to the mar-
ket by Corning Inc. [3]: the Corning Epic System. This product is based on re-
fractive waveguide grating optical biosensors at the bottom of another common
format used in labs: microtiter plates. When illuminated with broadband light,
the biosensor reflects a specific wavelength of light that is a sensitive function of
the index of refraction close to the sensor surface. Binding events or intracellu-
lar protein movements in cells cause wavelength shifts in the reflected light that
can be measured (Figure 5.3). Bindings of 300Da compounds to 70kDa targets
can be detected. However Corning’s device still relies on the ’pipette-wait-and-
rinse’ method of labeled assays.
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5.2 The device: photonic ring resonator sensors in-
tegrated at the bottom of a reaction tube
In this section we will analyze every part of the device in detail.
5.2.1 Photonic chip and reaction tubes
The photonic chip used for this approach consists of an SOI chip with an array
of 20 microring resonators biosensors. The resonators consist of 450-nm wide
single-mode waveguides, with 5 µm bend radius, 2 µm long directional cou-
plers and a gap of 180 nm between the waveguides. The configuration of this
sensors is the one described in Chapter 4. Four rings are connected to one com-
mon input waveguide, each of them having a dedicated drop signal port. Five of
these four ring series are placed independently next to the other. The five input
waveguides are simultaneously addressed through vertical grating couplers [4]
with a 2-mm wide collimated beam from a tunable laser source. The output sig-
nals of the ring resonators are near-vertically coupled to free space by means of
integrated grating couplers and are imaged with an infrared camera.
Eppendorf® provided the tubes we worked with (Figure 5.1). They are 1.5
ml polypropylene microtest tubes.
5.2.2 Integration
The photonic chip is incorporated at the bottom of the reaction tube, once its
original bottom is mechanically removed. The attachment of the chip to the
bottom of the tube is done permanently using a UV curable adhesive which al-
lows us to precisely align the array of sensors in the center of the reaction tube.
Figure 5.4 shows a picture of the final device.
5.2.3 Embedded microfluidic system
5.2.3.1 Fabrication
Our purpose is to create a flow across the chip surface where the sensors are
placed so the analyte to be detected is able to reach the vicinity of the sensor
in a fast way. In order to create this flow, different possibilities were studied
among which the main idea was to perforate the chip so the fluid introduced in
the tube will find its way out, creating at the same time a flow on the surface of
the sensors. Figure 5.5 shows a schematic of the device with this fluidic system.
The perforations through the silicon-on-insulator chip can be made in two
possible ways. The first route considered was developed in the course of the
PhD of Hallynck [5] and served as inspiration to this work. It basically consists
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Figure 5.4: The photonic chip is attached at the bottom of the reaction tube
using a UV curable adhesive.
Perforations
Photonic chip
Reaction Tube
Ring resonator sensors
Figure 5.5: a) Schematic of the assembled device. The silicon-on-insulator
chip is incorporated at the bottom of a reaction tube. b) Layout of
the chip. The array of ring resonators sensors is accompanied by an
array of perforations next to them. The flow within the tube is guided
through these apertures. The solution inserted in the tube will flow
through these openings which work as exit channels. The resulting
flow will accelerate the detection process.
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Figure 5.6: Microscope image of part of a silicon ring resonator where the sili-
con substrate is locally etched away (seen from the substrate side) [5].
Figure 5.7: Microsope picture of the residues induced by the laser perforation.
To avoid damaging the surface of our sensors, the sample was covered
earlier with a photoresist, which was afterwards easily removed with
acetone in an ultrasonic bath.
of locally removing the silicon substrate and etching the buried oxide to create a
silicon membrane. As one can imagine, this fabrication process requires a con-
siderable number of process steps, although the result is accurate and precise,
as can be seen in Figure 5.6 where a silicon membrane is still left.
The lack of time to optimize this process for our approach made us explore
a more efficient route which was possible thanks to the collaboration of the
Centre for Microsystems Technology (CMST) at Ghent University which has a
Duetto pulsed laser source from Time-Bandwidth Products AG available. In-
deed, silicon can be removed by laser ablation in the form of fine vapor, liquid
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40μm
Figure 5.8: Microscope picture of the perforation configuration. Each perfo-
ration will create a flow over its closest sensor.
droplets, or solid flakes due to evaporation, hydrodynamic instability, exfoli-
ation, and explosive boiling depending on the laser irradiance [6, 7]. An un-
derstanding of the relationship between the quantity and size of the ablated
particles versus the laser irradiance is crucial in selecting optimal process pa-
rameters. Operating at 355 nm with 1000 ps pulses with a repetition rate of 50
kHz, we managed to perforate an SOI chip with a 200 µm Si substrate. However,
some residue remained on the surface. Figure 5.7 shows the result and the ef-
fects of the laser on the SOI chip. To avoid damaging the surface of our sensors,
the sample was covered earlier with a photoresist, which was afterwards easily
removed with acetone in an ultrasonic bath. Figure 5.8 shows the perforations
after the cleaning process. The size and position of the openings can be easily
optimized by tuning the laser parameters.
5.2.3.2 Simulations
The configuration of perforations on the chip was designed so that each one
was creating a flow near its closest sensor. In order to study the conditions for
this flow, we performed some basic 2D simulations in COMSOL [8].
We considered a system where an aqueous fluid was driven through a circu-
lar channel by imposing a pressure difference between an input and output. In
this channel the volumetric flow rate is defined by the Hagen-Poiseuille equa-
tion [9]:
Q = pir
4
8µ
· dP
d z
(5.1)
where r is the radius of this cross-section, µ is the dynamic viscosity of the fluid
and dP the pressure drop along the length dz of the channel. The mean velocity
of the flow can then be calculated by:
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Vmean = Q
A
= r
2
8µ
· dP
d z
(5.2)
where A is the area of the cross-section of the channel.
We assume now that we have the geometry illustrated in Figure 5.9. A water-
based fluid is introduced in the first part of this geometry (i.e. the reaction tube),
with a null-velocity, while a negative pressure is applied at the bottom of the
geometry, creating an underpressure that drives the fluid through the different
apertures (i.e. the perforations through the SOI chip) towards the exit of the
channel. Considering that the fluid introduced in the system is water, with a
dynamic viscosity 1.002 mPa·s, the maximum velocity of the flow in the perfo-
rations was calculated to be 0.5 m/s when applying a 1kPa pressure difference,
which was confirmed by the simulations performed in COMSOL.
The pressure applied on the system not only generates the transport of the
fluid from the reaction tube to the exit. When looking in detail into the stream-
lines in the surroundings of one aperture (Figure 5.10), we discover the pres-
ence of vortices. Vortices are a natural effect of turbulent flows that can be
also provoked in laminar flows. Normally, in laminar flows the mixing between
different species relies heavily on mass diffusion, while when the vortices are
generated the mixing performance is enhanced by convection. During the last
two decades different methods for the fabrication of micromixers have been re-
ported [10, 11] among which vortex generators stand [12]. We can say that the
geometry of our model together with the pressure applied to the system stimu-
lates the generation of vortices in the surroundings of the apertures which con-
firms that the transportation of the analyte to the surface of our sensors is done
through convection. These vortices are stimulated every time that pressure is
applied at the bottom of the system, making sure that the fluid on the chip is in
continuous movement and delivering the analyte in an efficient way.
In conclusion, the perforations made through the SOI chip establish a flow
through the sensors’ surface. Depending on the position of these perforations
the analyte will be brought to the sensor’s surface by the main stream, which
goes directly to the perforation and its very close vicinity, or by the vortices, a
bit further from these perforations. In any of these cases the analyte will be
transported in a fast and efficient way through a combination of convection and
diffusion.
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Figure 5.9: Simulation of a water-based fluid flow in our device configuration.
Streamlines in red confirm us the existence of a flow across the aper-
tures and its vicinity.
80 μm
Vortices
Figure 5.10: Simulation detail of one of the apertures. Streamlines in red in-
dicate the presence of vorticity flow near the aperture.
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88 Digital pressure sensor
Externally triggered pump
Piston Valves Chip on holder
Figure 5.11: The initial pressure difference is achieved by means of a piston.
Due to imperfections in the setup or chuck, the pressure difference
will decrease over time. By adding a feedback loop between the
pump and the digital pressure sensor, the desired pressure level can
be maintained [5].
5.3 Experiments
5.3.1 Setup
To perform the experiments, the device was fixed on a tiny vacuum chuck with a
connection to a pump, where pressure can be applied roughly by a piston after
which it can be fine-tuned using a syringe in a NE 1000 syringe pump [13]. Using
a SUNX DP-101 digital pressure sensor [14], we were able to monitor the applied
pressure difference with an accuracy of 1 kPa. Due to imperfections in the chip
substrate and the pressure circuit, small leaks can occur which will cause the
pressure difference to drop over time. To compensate for this, we can use the
built-in comparator of the DP-101: when the pressure difference drops below a
certain set value, a digital output signal of the sensor changes value. Since the
NE 1000 has the capability of being externally triggered, we can use the digital
output signal of the pressure sensor as a trigger for the pump. The resulting
feedback loop ensures that the pressure level remains fixed over time with an
accuracy of about 1 kPa. This pressure setup was developed by Hallynck during
his PhD work [5]. The entire pressure setup is illustrated in Figure 5.11.
This setup allows us to apply positive or negative pressure, pushing or suck-
ing any gas of fluid applied in a specific area of the chuck. The reaction tube with
the photonic chip integrated at its bottom was carefully aligned, so the perfo-
rations of the chip coincide with this area. Any fluid in contact with the chip
will flow through the holes and be sucked down and/or pushed up again by the
pump. Figure 5.12 shows the device fixed on this chuck.
As in Chapter 3, grating couplers were used to couple the light from a tun-
able laser into the chip and couple it out again to be detected by an infrared
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Pump
Vacuum
Figure 5.12: Device mounted on a vacuum chuck with an additional pump
to move the fluid across the chip surface. The detail of this pump is
illustrated in Figure 5.11.
Photonic chip
Imaging on
IR camera
Input laser 
beam
Pump
Sample
Figure 5.13: Device mounted on a vacuum chuck, while measurements are
being performed from the bottom of the chip. Light is coupled in
and out from underneath, through the chip substrate.
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camera. Here again we couple light in and out from the bottom of the chip
through the 200-µm thick silicon substrate, as shown in Figure 5.13.
Silicon features high transparency at the wavelength used (1.55 µm). How-
ever, to reduce the scattering from the rough substrate surface and to facilitate
both the alignment of the laser beam and the detection of the light coupled out
from the chip, the silicon substrate was thinned down to 300 µm and planarized
by chemical-mechanical lapping (CML) and polishing (CMP) in order to attain
a smooth surface.
5.3.2 Results
As a proof-of-principle and in order to show the capabilities of the combined
device, we measured the response of the device when aqueous solutions with
different sodium chloride concentrations were flown through the device. Small
volumes of different solutions were manually pipetted into the tube, and they
were sucked out through the perforations on the bottom of the tube while being
measured. The change of refractive index in those solutions causes the shifts in
wavelength observed in Figure 5.14.
When analyzing these shifts as a function of the refractive index unit (RIU)
the sensitivity measured for these biosensors is 78.8 nm/RIU which corresponds
once more with the measurements performed and proved in a our previous
work [15], where these sensors where also used. This confirms that the trans-
ducer does not suffer any degradation when being integrated into the device.
Additionally, different steps of the high-affinity couple biotin-streptavidin
assay were measured. The actual surface chemistry used in this experiment was
far from optimized, but this does in no way detract from the main point of this
work, which is about showing the working principle of the new combined de-
vice. The experiment consisted of the following three individual steps:
1. Silanization of the surface: a 2% aminosilane solution of (3-Aminopropyl)
triethoxysilane (APTES) was flown, both preceded and followed by rinsing with
ethanol.
2. Immobilization of biotin: a solution 3 mg/ml of biotin in phosphate
buffered saline (PBS) was flown, both preceded and followed by rinsing with
PBS pH 7.
3. Binding of streptavidin: a solution of 0.1 mg/ml strepavidin in PBS was
flown, both preceded and followed by rinsing with PBS pH 7.
Here again, all the volumes were manually pipetted into the tube, and they
were sucked out through the perforations at the bottom of the tube while being
measured. The time to perform each of these steps was less than one hour.
Figure 5.15 shows three different graphs corresponding to each one of the
steps of the assay. They show the evolution in time of the resonance wavelength
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Figure 5.14: Evolution in time of the resonance wavelength shift of the ring
resonators during the measurements of different sodium chloride
concentrations. Each color corresponds to one sensor. The shift of
the resonance wavelength is easily measurable when changing from
water to salt solution and vice versa. The sensitivity measured for
these sensors is 78.8 nm/RIU, which confirms that the transducer
does not suffer any degradation when being integrated into the de-
vice. Small variations of the signal can be observed in different points
of the graph, specifically in the measurement of salt 1% and 3%. This
is the effect of the introduction of extra solution in the reaction tube
during the measurements.
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Figure 5.15: Three different steps of the bioassay were measured: a) Silaniza-
tion of the surface with APTES (ethanol - APTES - ethanol); b) Immo-
bilization of the biotin (PBS - biotin - PBS); c) Binding of streptavidin
to biotin (PBS - streptavidin - PBS).
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shift of the ring resonators during the measurements with different solutions.
Each color corresponds to one sensor. The association and disassociation of
APTES in the sensor is easily quantifiable in Figure 5.15a. Figure 5.15b shows
the binding of biotin after flowing 3 mg/ml solution of biotin in PBS and its dis-
association when it is rinsed with PBS. In these two graphs, some intermediate
discrete bulk shifts can be observed during the flow of APTES and biotin, which
were provoked by the injection of new solution in the reaction tubes. In Figure
5.15c a shift of 30 pm is measured when streptavidin is flown through the chip
indicating the binding of this to biotin.
5.4 Conclusions
We have presented a new platform for silicon photonic ring resonators: reaction
tubes.
We have combined the simplicity and portability of the reaction tube for-
mat with the performance and throughput of silicon photonic ring resonator
biosensors by embodying them in a single flow-through device. An embedded
microfluidic system based on perforations of the SOI chip attached to the tube
provides an alternative to the typically costly and complex microfluidic system
based on microchannels. The disposability of the combined device is enhanced
by the mass fabrication of SOI chips and the cheap and user friendly format of
reaction tubes which are used every day in labs and hospitals, two factors that
benefit their use for performing label-free bioassays. We have proved no degra-
dation of the sensors by bulk sensing experiments and the good performance of
the device by showing the binding of streptavidin to avidin on the surface of the
sensors.
The device allows for real-time detection and analysis. Its portability and
disposability make it ideal for easy and fast use in any laboratory.
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6
Conclusions and perspectives
6.1 Conclusions
Nowadays, biosensor technology platforms must meet certain requirements:
on one hand, they must be user-friendly, portable and low cost. Sample prepa-
ration must be minimized and the sample analysis fast. On the other hand, they
must offer exceptional LOD with high specificity, quantitative and multiplexed
measurements and high throughput.
One step closer to meet these requirements is achieved by label-free biosens-
ing (Chapter 1) which requires almost no sample preparation and simplifies the
assay, reducing costs. In Chapter 2 we gave a broad overview on the most rel-
evant label-free biosensing technologies, and highlighted the promising SOI
ring resonators for highly-multiplexed and high-throughput biosensing. The
fact that they can be mass-produced in a cost-effective way enhances their
disposability which is also beneficial for such a platform.
Also important in this content are the so-called ’lab-on-a-chip’ devices,
which integrate the transducer, in our case ring resonators, in a user-friendly
platform where the delivery of the sample to the surface of the sensor is done
is a very efficient and almost automated manner that reduces the need for
often expensive laboratory equipment that performs simple sample prepara-
tion tasks. Smaller sample requirement, reduced reagent consumption and
decreased analysis time are extra advantages of these miniaturized devices that
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are normally low cost and offer a portable format.
In the course of this PhD work, we have proposed three novel integrated
platforms for such lab-on-a-chip devices:
Fiber probe Many applications require performing measurements in remote
locations that are hard to reach. For these cases a similar concept has
been created, lab-on-fiber. Optical fiber technology constitutes a valuable
platform that can enable the implementation of complex multifunction
sensing systems with all the advantages of miniaturization, lightweight,
cost-effectiveness, robustness, portability, flexibility and low power con-
sumption. We have made use of this platform to integrate an SOI ring
resonator sensor on the facet of a single-mode optical fiber. In this imple-
mentation the integrated SOI circuit is transferred to the facet by detach-
ing it from the substrate of the SOI chip. The fabrication of the device has
been described in detail in Chapter 3. We have characterized the device by
bulk sensing experiments, which have shown no degradation when com-
paring to the same sensor on an SOI chip, i.e. not integrated on the fiber
tip.
Digital microfluidic platform A lot of effort is being spent to implement lab-
on-a-chip devices in small and easy-to-use cartridges and new emerg-
ing microfluidic technologies are being developed and competing against
the well-established microchannel technology. This is the case for dig-
ital microfluidics which is able to perform all the fluidic lab-on-a-chip
operations (dispensing, transport, mixing, splitting, merging, storing,...)
on micro-sized droplets in a single platform without contamination. In
Chapter 4 we have presented the combination of this promising technol-
ogy with the well-known label-free SOI ring resonator sensors, provid-
ing an alternative to the typically costly and complex microfluidic system
based on microchannels used for liquid sample delivery to microring res-
onators.
We have proved the excellent performance and compatibility of this com-
bined system, showing no degradation of the sensor performance with
respect to simulations or previous measurements of the same sensors us-
ing the typical, more complex microfluidic system. This combination al-
lows for multiplexed real-time detection and analysis. Its great flexibility,
portability and disposability make it ideal for easy and fast use in any lab-
oratory.
Reaction tubes platform A final device is presented in Chapter 5 as the inte-
gration of ring resonators photonic sensors with reaction tubes. Reaction
tubes are commonly used in hospitals and labs to perform labeled bioas-
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says. We have proposed this platform which is compatible with all lab in-
strumentation related to automated sample-liquid handling, to perform
label-free bioassays with the help of our ring resonator photonic sensors.
We have combined the simplicity and portability of the reaction tube for-
mat with the performance and throughput of silicon photonic ring res-
onator biosensors by embodying them in a single flow-through device.
An embedded microfluidic system based on perforations of the SOI chip
attached to the tube provides an alternative to the typically costly and
complex microfluidic system based on microchannels. The disposabil-
ity of the combined device is enhanced by the mass fabrication of SOI
chips and the cheap and user friendly format of reaction tubes which are
used every day in labs and hospitals, two factors that benefit their use for
performing label-free bioassays. We have shown no degradation of the
sensors by bulk sensing experiments and the good performance of the
device by showing the binding of streptavidin to avidin on the surface of
the sensors.
6.2 Perspectives
Most of the biosensing experiments in this work were a proof-of-principle,
meaning that there exists some room for improvement. First and foremost, the
biosensors should be characterized using appropriate surface chemistry with
low-concentration analytes. Only then the potential of the proposed devices
can be completely discovered.
Temperatures drifts were monitored by reference sensors in the case where
we had an array of sensors (digital microfluidic platform and reaction tube plat-
form). However, in the fiber probe case, only one ring resonator is exposed to
the sensing area, which makes us unable to monitor temperature drifts. In fu-
ture generations, a more appropriate design must be able to fit at least another
ring resonator on the fiber tip, or measurements must be done using two fibers,
one as a sensor and one as a reference.
In the case of the digital microfluidic platform, measurements can be op-
timized by making use of the automated dispensing feature that the platform
can offer, however at the moment of the measurements, this was not possible
since an optimization of the microfluidic chip was required. Future versions
can enable automatic dispensing and mixing in order to optimize the experi-
ments. The biofunctionalization of the SOI chip could pave the way for a novel
integrated platform for diagnostics and life sciences in general in a multiplexed
high-throughput context.
Also in the reaction tube device offers room for a lot of improvement. Start-
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ing from the optimization of the integration itself, the fabrication, measure-
ments and design of the fluidic perforations. The perforations made by laser ab-
lation are not completely uniform and perhaps another more elaborate method
could define them in a more precise manner. The pump parameters used to
transport the droplet in this work are the result of a short optimization process
and could be further improved.
The SOI ring resonators used as transducers of all three devices can be also
optimized. During this PhD work, the design of single rings has been opti-
mized in our group and Tom Claes proved that the Vernier configuration of ring
resonators shows a significant improvement in sensitivity and LOD of the sen-
sors. Future generations could be implemented using these optimized designs
and/or configurations.


